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DEVELOPMENT  OF  AN  INTRAVASCULAR  BIOSENSOR  FOR 
PLASMA  GLUCOSE  MONITORING  DURING  HEMORRHAGIC  SHOCK 

1.  FOREWORD 

The  main  objective  of  this  research  project  was  the  development  of  an  intravenous  glucose  sensor 
which  can  be  used  to  monitor  and  therapeutically  prevent  the  onset  of  hypoglycemia  in  acute 
hemorrhagic  shock.  The  importance  of  maintaining  adequate  plasma  glucose  has  been 
demonstrated  clearly  in  isobaric  models  of  hemorrhagic  shock  in  the  research  conducted  at  Walter 
Reed  Army  Institute  of  Research  (Washington,  DC).  The  investigations  of  the  Dept,  of 
Experimental  Surgery  WRAIR  demonstrated  that  (a)  fasting  abolishes  the  compensatory 
hyperglycemia  and  decreases  the  survival  time  in  hemorrhagic  shock,  (b)  the  onset  of  vascular 
decompensation  is  closely  associated  with  the  waning  of  the  hyperglycemia  which  follows  the 
compensatory  phase,  and  (c)  infusion  of  glucose  at  a  rate  sufficient  to  prevent  the  fall  in.  glucose 
level  slows  or  even  arrests  the  decompensatory  phase.  Extending  the  compensatory  phase  is  a 
major  goal  of  the  Army  Combat  Casualty  Care  Program  as  it  will  enhance  the  survival  rate  of 
wounded  soldiers  in  battlefield  settings.  The  extension  of  the  compensatory  phase  is  also  of 
obvious  utilization  in  civilian  trauma  management. 

The  goal  of  this  project  was  to  develop  biosensor  technology  to  better  define  hemorrhagic  shock 
processes  in  order  to  optimize  fluid  resuscitation  in  trauma  victims.  Under  this  project  The 
University  of  New  Mexico  studied  a  series  of  enzyme  electrodes  and  biosensors,  including  a 
miniature  needle-sized  glucose  biosensor  suitable  for  intravenous  glucose  monitoring.  The 
prototype  of  the  biosensor  developed  shows  a  sufficient  sensitivity  over  a  wide  range  of  linear 
response  to  glucose  concentration,  which  covers  the  hypo-  and  hyperglycemic  conditions  observed 
during  the  phases  of  hemorrhagic  shock.  The  sensor  was  tested  in  vitro  in  model  buffer  solutions, 
blood  plasma  and  whole  blood,  demonstrating  response  characteristics  allowing  in  vivo  glucose 
monitoring. 

Researchers  at  the  University  of  New  Mexico  are  thankful  to  the  U.S.  Army  Research  Office  for 
the  financial  support  of  this  project. 


E.  S.  WILKINS,  Ph.D.,  Professor, 

Department  of  Chemical  and  Nuclear  Engineering,  University  of  New  Mexico  Albuquerque,  NM. 
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4.  BODY  OF  REPORT 

A.  STATEMENT  OF  THE  PROBLEM  STUDIED 

The  development  of  an  indwelling  glucose  biosensor  for  short-term  continuous  in  vivo  monitoring 
of  glucose  concentration  in  blood  should  lead  to  a  marked  improvement  in  the  clinical  management 
and  scientific  understanding  of  hemorrhagic  shock.  The  availability  of  such  a  sensor  could  provide 
the  means  to  monitor  blood  glucose  levels  in  real  time,  thereby  aiding  the  maintenance  and 
monitoring  of  patients  in  hemorrhagic  shock,  and  hence  increasing  the  survival  rate.  In  addition,  a 
continuous  in  vivo  sensor  would  make  it  far  more  feasible  to  conduct  studies  to  determine  what 
influences  fluctuations  of  blood  glucose  concentration  may  have  on  the  survival  of  patients  in 
hemorrhagic  shock. 

The  goal  of  this  project  was  to  develop  biosensor  technology  to  better  define  hemorrhagic  shock 
processes  in  order  to  optimize  fluid  resuscitation  in  trauma  victims.  Specific  aims  of  the  research 
include  the  determination  of  the  short-term  life  of  the  biosensor  in  vivo’,  improvement  of  the 
reliability  and  reproducibility  of  the  sensor  response,  the  sensor  response  time;  the  characterization 
of  the  biosensor  behavior  and  its  biocompatibility  in  the  body  fluid  environment  (including 
possible  interference  effects  from  various  body  chemicals). 

Relevance  to  the  U.S.  Army  Missions 

WRAIR  COMBAT  CASUALTY  CARE  PROGRAM  -  Need  for  Glucose  Sensor 

General  Problem:  Delayed  delivery  to  definitive  care  leads  to  diminished  ability  to  resuscitate 
due  to  decompensation. 

Mission:  Develop  resuscitation  strategies  that  will  delay  the  onset  of  the  vascular 

decompensation  and  prolong  the  tolerable  hypovolemic  period. 
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B.  SUMMARY  OF  THE  MOST  IMPORTANT  RESULTS 
Glycaemia  and  the  Hemorrhagic  Shock 

A  recent  biomedical  application  of  glucose  sensors  is  in  the  management  of  hemorrhagic  shock. 
Continuous  on-line  monitoring  of  glucose  concentration  appears  be  of  crucial  importance  in  the 
management  of  trauma  cases  involving  extensive  bleeding  -  hemorrhage.  Hemorrhagic  shock 
generally  consists  of  two  phzises,  the  compensatory  phase  and  the  decompensatory  phase. 
Hyperglycemia  is  associated  with  a  deterioration  of  mechanisms  which  support  homeostasis  in  the 
decompensatory  phase  of  hemorrhagic  shock.  Plasma  glucose  has  been  shown  to  follow  a  certain 
pattern  during  hemorrhagic  shock.  At  the  onset  of  the  hemorrhage,  the  plasma  glucose  level  rises 
to  hyperglycemic  levels  in  2  hours  (decompensatory  phase).  This  is  followed  by  the  compensatory 
phase  in  which  plasma  glucose  levels  start  to  fall,  reaching  hypoglycemic  levels.  It  has  also  been 
demonstrated  that  early  glucose  administration  to  maintain  the  hyperglycemic  phase  arrests 
decompensation  and  prolongs  survival.  The  compensatory  phase  of  hemorrhagic  shock  lasts  for 
approximately  2  hours,  making  the  time  delay  and  accuracy  of  subcutaneous  monitoring  of  glucose 
levels  unacceptable.  Thus,  hemorrhagic  shock  requires  direct  monitoring  of  glucose  in  the 
bloodstream  by  means  of  an  intravascular  sensor  for  maximum  accuracy  and  fast  response.  The 
importance  of  glucose  monitoring  during  hemorrhagic  shock  lies  in  increasing  the  survival  rate  of 
injured  patients  while  they  are  being  transported  to  a  hospital.  Unlike  diabetes,  effective  treatment 
of  hemorrhagic  shock  requires  direct  intravascular  implantation  of  sensors  and  continuous 
monitoring  of  glucose  levels  for  short  periods  of  time  (up  to  several  hours). 

A  needle-type  glucose  biosensor  has  been  developed  for  intravascular  monitoring  of  glucose  levels 
in  accident  victims  under  risk  of  hemorrhagic  shock.  The  main  method  for  the  construction  of  this 
glucose  sensor  is  based  on  the  use  of  enzyme  electrodes  employing  Glucose  Oxidase  enzyme. 
Amperometric  measurement  has  been  chosen  as  it  provides  a  linear  dependence  of  the  signal  versus 
analyte  concentration.  The  research  and  development  undertaken  at  the  University  of  New  Mexico 
towards  needle-type  glucose  biosensor  for  intravascular  applications  can  be  divided  into  three 
branches: 

•  Engineering  and  development  of  sensor  prototypes  based  on  platinum  amperometric 
transducer  for  hydrogen  peroxide  oxidation  incorporated  into  a  hypodermic  stainless  steel 
needle.  Three  different  sensor  prototypes  have  been  developed  differing  in  the 
immobilization  technique  for  Glucose  Oxidase.  The  first  sensor  prototype  employs  Glucose 
Oxidase  enzyme  which  is  immobilized  on  modified  carbon  powder  in  a  gel  matrix. 
Polycarbonate  membranes  that  are  either  untreated  or  treated  with  Nafion  or  Silastic  have 


5 


PR-P-32452-LS-ISP  -  Rnal  Plrogress  Rqwrt 


been  used  as  external  diffusion  limiting  membranes.  The  second  sensor  prototype  was 
constructed  employing  the  electrophoretic  deposition  of  the  Glucose  Oxidase  enzyfaie  in  an 
electrochemically  grown  platinum  black  matrix.  The  last  sensor  prototype  was  constructed 
with  the  Glucose  Oxidase  enzyme  entrapped  in  a  poly(13-phenylenediamine)  film. 
Polyurethane,  cellulose  acetate  or  polyvinylchloride  layers  were  used  as  an  outer  glucose 
diffusion  and  protective  membrane.  The  last  prototype  was  used  as  a  basis  for  the 
development  of  a  whole  blood  compatible  sensor  for  intravascular  glucose  monitoring 
(See  APPENDIXES  1-4). 

•  Investigation  and  initial  steps  towards  development  of  amperometric  needle-type  biosensors 
employing  non-platinum  electrocatalysts  based  on  pyrolyzed  N4-metal  chelates.  These 
biosensors  are  based  on  preparation  of  the  working  electrode  with  catalyst  and  adsorbed 
enzyme  (an  enzyme  electrode)  from  a  pressed  matrix  (tablet)  of  teflonized  (FIFE  treated) 
carbon  black.  This  technique  allows  manufacturing  numerous  sensors  from  the  same 
pressed  tablet,  all  of  which  demonstrate  good  reproducibility  of  their  parameters 
(sensitivity,  linear  range,  lifetime).  The  approach  has  been  demonstrated  by  using  Glucose 
Oxidase  enzyme  in  construction  of  glucose  needle-type  sensor  (See  APPENDIX  5). 

•  Investigation  of  novel  sensor  materials  and  technologies  with  potential  in  future  sensor 
miniaturization  and  microfabrication.  Sol -gel  techniques  for  controlled  fabrication  of 
porous  coatings  are  currently  attracting  an  increasing  attention.  Experimental  evaluation  and 
theoretical  description  of  a  miniature  Stober  glass-coated  enzyme  electrode  for  glucose 
needle-type  biosensor  applications  was  undertaken  (See  APP®4DIXES  6  and  7). 

Development  of  a  Needle  Glucose  Sensor  Prototype 

Three  different  sensor  prototypes  have  been  developed  differing  in  the  immobilization  technique 
for  Glucose  Oxidase.  Various  tests  were  conducted  to  evaluate  the  sensors  performance  in  vitro. 
These  tests  include  the  measurement  of  glucose  levels  in  buffer  solutions,  evaluation  of  the  effect 
of  five  potential  physiological  interferents  on  sensor  performance,  undiluted  blood  plasma  tests, 
whole  blood  in  vitro  tests,  a  hemorrhagic  shock  simulation  and  life  time  tests. 

The  First  sensor  prototype  employs  Glucose  Oxidase  enzyme  which  is  immobilized  on  modified 
carbon  powder  in  a  gel  matrix.  The  sensor  employs  polycarbonate  membranes  that  are  either 
untreated  or  treated  with  Nafion  or  Silastic,  and  Glucose  Oxidase  enzyme  which  is  immobilized  on 
modified  carbon  powder  in  a  gel  matrix.  Sensor  performance  was  evaluated  in  vitro  and  the  sensor 
showed  a  sensitivity  of  up  to  10  nA/mM  and  a  linear  range  of  up  to  30  mM. 
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Evaluation  of  the  sensor  response  in  serum  showed  similar  sensitivity  and  linear  range  as  obtained 
using  calibration  curves  in  buffer  solution.  The  sensors  were  operated  continuously  {<x  28  days  in 
phosphate  buffer  solution  and  no  significant  change  in  the'  sensitivity  and  the  linear  range  was 
observed  during  the  first  7  days.  Sensors  show  a  minimum  change  in  their  performance  when 
stored  inactive  in  buffer  at  4*C  for  at  least  eight  weeks  (APPENDIX  1). 

The  Second  sensor  prototype  employs  an  immobilization  technique  based  on  the  electrophoretic 
deposition  Of  the  Glucose  Oxidase  enzyme  in  an  electrochemically  grown  platinum  black  matrix. 
The  platinization  and  electrophoretic  incorporation  of  tiie  enzyme  particles  was  carried  in  a  solution 
containing  33  mg  of  sodium  hexachloroplatinate  and  30  mg  of  Glucose  Oxidase  and  0.6  mg  of  lead 
acetate  in  one  mL  at  pH  3.5.  This  preparation  process  was  performed  potentiostatically  at  -0.2  V 
versus  a  silver/silver  chloride  reference  electrode.  The  sensor  was  coated  with  Nafion  to  decrease 
effect  of  interferents.  These  tests  include  the  measurement  of  glucose  levels  in  buffer  solutions 
containing  various  potential  physiological  interferents,  as  well  as  in  bovine  serum.  Sensors  have  a 
large  linear  range  (up  to  33  mM)  and  fast  response.  A  Nafion  coating  diminished  the  sensor 
response  to  common  interferents  by  at  least  50%.  Sensors  were  operated  for  several  weeks  being 
stored  at  4  “C  between  measurements.  Sensors  operated  well  in  undiluted  blood  plasma  showing 
elose  correlation  with  response  in  buffer  solution.  The  advantages  of  this  technique  is  its  simplicity 
and  high  controllability  (APPENDIX  2). 

The  Third  sensor  prototype  employs  polyurethane,  cellulose  acetate  or  PVC  layers  as  an  outer 
glucose  diffusion  and  protective  membrane,  and  Glucose  Oxidase  enzyme  entrapped  in  poly(13- 
phenylenediamine)  film.  The  electropolymerization  of  13-phenylenediamine  and  the  incorporation 
of  the  enzyme  particles  was  carried  in  a  solution  conudning  3-5  mg  of  13-phenylenediamine,  20 
mg  of  Glucose  Oxidase  and  20  mg  of  enzyme  immobilized  on  ULTI  carbon  powder  in  9  mL  of 
phosphate  buffer  solution  (pH  7.4)  together  with  1  mL  of  Nafion  solution.  This  preparation 
process  was  performed  potentiostatieally  at  +0.65  V  versus  a  silver/silver  chloride  referenee 
electrode  for  15  minutes.  Another  layer  of  poly(  13-phenylenediamine)  was  grown  over  the  sensor 
from  a  solution  containing  5  mg  of  13-phenylenediamine  for  10  minutes.  A  variety  of  different 
polymer  coatings  were  employed  in  order  to  attempt  to  extend  the  linear  range  of  the  prepared 
sensors.  Different  concentrations  of  polyurethane,  polyvinylchloride  (PVC),  and  cellulose  acetate 
coating  solutions  were  investigated.  The  polymer  coatings  were  obtained  by  dipping  the  face  of  the 
sensor  in  the  polymer  solution.  Sensor  performance  was  evaluated  in  vitro  and  the  sensor  shows  a 
sensitivity  of  up  to  35  nA/mM  and  a  linear  range  of  up  to  38  mM.  Evaluation  of  the  sensor 
response  in  serum  showed  similar  sensitivity  and  linear  range  as  obtained  using  calibration  curves 
in  buffer  solution.  The  sensor  has  a  short  response  time  of  23  seconds. 
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The  sensors  were  operated  continuously  for  14  days  in  phosphate  buffer  solution,  and  no 
significant  change  in  the  sensitivity  and  the  linear  range  was  observed  during  the  first  5  days. 
Sensors  show  a  minimum  change  in  their  performance  when  stored  inactive  in  buffer  at  4‘’C  for  at 
least  eight  weeks  (APPENDIX  3). 

The  performance  of  each  of  the  three  sensor  prototypes  was  suitable  for  the  proposed  application 
in  varying  degrees.  Table  1  presents  a  comparison  of  the  performance  of  each  of  the  three  sensor 
prototypes  based  on  the  immobilization  of  Glucose  Oxidase  in  a  gel  matrix,  a  platinum  black  matrix 
or  a  poly(13-phenylenediamine)  film.  The  ultimate  goal  of  the  sensor  development  will  be  its  use 
in  intravascular  glucose  monitoring  and  especially  in  victims  in  risk  of  hemorrhagic  shock.  Thus,  a 
comparison  of  the  performance  of  each  of  the  diree  sensor  prototypes  and  how  well  they  satisfy  the 
constraints  set  forth  by  this  goal  would  be  helpful  in  evaluating  which  sensor  prototype  will  be 
used. 

Hemorrhagic  shock  is  characterized  by  the  alteration  of  glucose  concentrations  between  the 
hypoglycemic  and  hyperglycemic  levels.  Hence  a  linearity  of  the  sensor  signal  versus  the  glucose 
concentration  is  required.  This  linearity  should  be  at  least  22  mM  (400  mg/dL)  to  assure  linear 
output  of  the  sensor  within  some  safety  margin.  It  can  be  seen  from  Table  1  that  the  First  sensor 
prototype  (with  enzyme  immobilized  on  carbon  powder  suspended  in  a  gel  matrix)  satisfies  this 
requirement  by  the  use  of  Nafion  or  Silastic  coated  polycarbonate  membranes.  The  linearity  of  the 
sensor  output  signal  versus  the  glucose  concentration  is  extended  to  22  mM  with  a  sensitivity  of 
8.46  nA/mM  and  27.7  mM  with  a  sensitivity  of  6.48  nA,  by  the  use  of  Nafion  and  silastifc  coated 
polycarbonate  membranes  respectively.  Yet,  the  untreated  polycarbonate  membrane  coated  sensor 
showed  a  linearity  of  up  to  13.3  mM,  clearly  less  than  that  required,  and  hence  will  not  be 
considered  further  in  the  discussion.  The  Second  and  Third  sensor  prototypes  satisfied  this 
requirement.  The  Second  sensor  prototype  (with  enzyme  entrapped  in  a  platinum  black  matrix) 
showed  a  linearity  of  up  to  33  mM.  While  the  Third  sensor  prototype  showed  a  linearity  of  26.7 
mM  with  sensitivity  of  1.62  nA/mM,  31.1  mM  with  a  sensitivity  of  1.35  nA/mM,  and  37.7  mM 
with  a  sensitivity  of  1.8  nA/mM  for  cellulose  acetate  (CA),  polyurethane  (PU)  and 
polyvinylchloride  (PVC)  coated  sensors,  respectively. 

Another  requirement  for  monitoring  of  glucose  levels  during  hemorrhagic  shock  is  a  fast  sensor 
response  (short  response  time)  to  changes  in  glucose  concentration.  Comparing  the  response  times 
of  the  three  sensor  prototypes,  the  First  sensor  prototype  shows  response  times  of  300  and  480 
seconds  for  Nafion  and  silastic  coated  polycarbonate  covered  sensors.  The  Second  sensor 
prototype  shows  response  time  of  60  seconds,  while  the  Third  sensor  prototype  shows  response 
times  of  135, 24  and  35  seconds  for  CA,  PU  and  PVC  coated  sensors. 
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Another  test  reflecting  the  response  times  of  the  sensors  is  the  in  vitro  hemorrhagic  shock 
simulation  test.  This  test  reflects  the  response  times  of  the  sensors  while  responding  to  large 
changes  in  glucose  concentration  (between  hypoglycemic  and  hyper  glycemic  levels).  Table  1 
shows  the  First  sensor  prototype  in  the  case  of  Nafion  coated  PC  membrane  to  have  a  response 
time  of  16  minutes  for  the  increasing  and  22  minutes  for  the  decreasing  step.  While  the  silastic 
coated  PC  membrane  covered  sensor  shows  a  response  time  of  25  minutes  for  the  increasing  and 
35  minutes  for  the  decreasing  step.The  Second  sensor  prototype  shows  a  response  time  of  195 
seconds  for  the  increasing  and  216  seconds  for  the  decreasing  step  changes.  The  Third  sensor 
prototype  having  an  outer  PVC  membrane  shows  a  response  time  of  104  seconds  for  the 
increasing  and  306  seconds  for  the  decreasing  step.  It  is  thus  seen  that  the  Second  and  Third 
sensor  prototypes  show  the  lowest  response  times  in  response  to  both  small  and  large  changes  in 
glucose  concentration. 

The  reproducibility  of  the  sensor  signal  is  good  in  all  three  sensor  prototypes.  The  variations  in  the 
sensor  response  does  not  exceed  5%  in  the  First  and  Third  sensor  prototypes  response,  while  is 
less  than  10%  for  the  Second  sensor  prototype. 

The  effect  of  physiological  interferents  on  the  sensor  signal  is  also  another  important  aspect  to  be 
considered  as  the  sensor  will  be  implanted  in  the  body.  The  effect  of  interferents  was  tested  by  five 
common  substances.  The  First  sensor  prototype  shows  a  decrease  in  sensitivity  after  the  addition 
of  interferents.  Nafion  coated  polycarbonate  membrane  for  this  prototype  showed  a  decrease  in  the 
sensor  response  to  glycine,  urea  and  acetaminophen.  The  Second  sensor  prototype  shows  a 
decreased  effect  of  glycine,  urea  and  ascorbic  acid.  There  is  marked  effect  of  uric  acid  on  the 
sensor  signal  as  well  as  a  decrease  in  sensor  sensitivity.  While  the  Third  sensor  prototype 
completely  eliminates  the  effects  of  glycine  and  urea  while  greatly  reducing  the  effect  of  uric  and 
ascorbic  acid.  There  is  also  no  decrease  in  sensor  sensitivity  as  a  result  of  adding  the  interferents. 

In  vitro  tests  in  undiluted  blood  plasma  try  to  simulate  the  working  environment  in  the  body.  All 
three  sensor  prototypes  responded  well  in  plasma  showing  close  correlation  with  their  performance 
in  buffer.  Some  decrease  of  sensitivity  may  be  observed  in  the  case  of  the  Second  and  Third  sensor 
prototypes.  This  is  expected  due  to  adsorption  of  proteins  on  the  sensor  surface.  No  decrease  in 
sensitivity  is  observed  for  the  First  sensor  prototype. 

All  three  prototypes  showed  a  life  time  of  at  least  one  week  with  no  significant  change  in  the  sensor 
performance  hence  satisfying  the  life  time  requirements. 
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One  last  aspect  to  be  considered  is  the  ease  of  fabrication  of  the  sensor  prototypes.  In  general,  the 
three  sensor  prototypes  are  easily  fabricated,  with  the  First  sensor  prototype  being  fabricated  in  no 
more  than  three  hours.  The  Second  and  Third  sensor  prototypes  are  fabricated  in  one  and  half 
hours.  The  Third  sensor  prototype  has  the  advantage  of  electrochemical  growing  of  the  entrapping 
film  hence  allowing  more  controllability  on  the  thickness  of  the  film  and  hence  the  amount  of 
enzyme  entrapped. 


Table  1.  A  comparison  of  the  performance  of  the  three  developed  sensor 
prototypes  with  the  different  external  polymer  membranes. 


Performance 

First  Prototype 

Second  Prototype 

Third  Prototype 

linearity 

(mM) 

PC;  13.3 
NPC:  22.2 
SPC:  27.7 

33 

CA:  26.7 

PU:  31.1 

PVC:  37.7 

Sensitivity 

(nA/mNfi 

PC:  9.9 

NPC:  8.46 
SPC:  6.48 

36 

CA;  1.62 

PU:  1.35 

PVC;  1.80 

Response  Time 
(seconds) 

PC:  180 

NPC;  300 

SPC:  480 

60 

CA:  183 

PU:  24 

PVC:  35 

Hemorrhagic  Shock; 

Duration  of  Increasing  PC:  16 

Glucose  Step  NPC:  16  5  PVC:  1.7 

(minutes)  S  PC:  25 


Duration  of  Decreasing  PC:  20 

Glucose  Step  NPC:  22  10  PVC:  5.1 

(minutes)  S  PC:  35 


Signal  Variation  <  5% 

<10% 

<5% 

Effect  of 
Interferents 

Decreased  Sensitivity 

Decreased  Sensitivity 

No  change  in  sensitivity 

Plasma  Test 

No  change  in  sensitivity 

Decreased  Sensitivity 

Decreased  Sensitivity 

PC:  polycarbonate 
CA:  cellulose  acetate 
PU:  polyurethane 
N  PC:  Nafion  coated  polycarbonate 
S  PC:  silastic  coated  polycarbonate 
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A  comparison  of  the  performance  of  each  of  the  three  sensor  prototypes  showed  the  First  sensor 
prototype  to  have  a  longer  response  time  relative  to  the  Second  and  Third  prototypes .  Also  the 
Second  sensor  prototype  has  more  response  to  interfering  substances  relative  to  the  Third  sensor 
prototype.  Hence,  the  Third  sensor  prototype  employing  the  phenylenediamine  film  was  more 
suited  for  application  in  hemorrhagic  shock. 

Continuation  of  this  work  includes  the  evaluation  of  needle-type  glucose  biosensor  (based  on  the 
Thirds  sensor  prototype)  performance  in  whole  blood  as  a  final  test  before  its  in  vivo  testing.  A 
new  surface  process  technology  employing  electrochemical  fixation  of  a  bioactive  substance 
(enzyme  and  heparin)  to  a  sensor  electrode  was  developed  to  provide  biocompatibility  and 
functionality.  The  fabrication  process  includes  electro-entrapment  of  glucose  oxidase  and  heparin 
on  a  platinum  electrode  by  using  1,3-phenylenediamine  co-deposition.  The  process  of 
electrochemical  heparinization  was  carried  out  in  20  ml  buffer  solution  (pH  7.4)  containing  30  mg 
of  1,3-phenylenediamine  and  2.5  mL  heparin  potentiostatically  at  +0.7  V  versus  a  silver/silver 
chloride  reference  electrode  for  10  minutes.  This  procedure  forms  the  heparin  layer  over  the 
carbon-enzyme  layer  on  the  electrode  surface.  PVC  was  used  as  the  outer  coating  in  order  to 

I 

extend  the  linear  range.  The  sensors  show  a  sensitivity  of  3  nA/mM  and  a  linear  range  up  to  25 
mM  at  37  °C.  when  tested  in  whole  blood.  The  sensors  are  characterized  by  a  fast  response.  When 
tested  at  physiological  glucose  levels,  the  sensors  demonstrate  satisfactory  low  interference  from 
common  interfering  substances.  This  technology  seems  very  promising  for  the  preparation  of 
future  implantable  intravascular  biosensor.  The  electrochemical-entrapment  immobilization  of 
heparin,  useful  as  a  thromboresistant  coating,  and  the  immobilization  of  the  glucose  oxidase  onto  a 
platinum  electrode  surface,  was  demonstrated.  This  technology  can  greatly  improve  the  sensor 
response  to  glucose  in  the  whole  blood  and  may  be  applied  to  other  devices  for  intravascular 
applications  (See  APPENDIX  4). 

During  the  project  period  small  series  (from  4  to  6  samples  in  each)  of  the  various  constructions  of 
needle-type  glucose  biosensors  has  been  sent  to  Walter  Reed  Army  Institute  of  Research,  Division 
of  Experimental  Surgery,  for  independent  evaluation  and  characterization.  These  sensors  were 
subject  of  the  same  in  vitro  tests  as  performed  at  the  University  of  New  Mexico.  In  most  of  the 
cases  the  results  obtained  at  Walter  Reed  Army  Institute  of  Research  coincide  with  those  obtained 
in  our  laboratory.  Figure  1  shows  a  recording  obtained  during  a  whole  blood  test  at  37  “C  of  a 
heparinized  needle-type  glucose  sensor  conducted  at  Walter  Reed  Army  Institute  of  Research.  The 
initial  blood  glucose  level  is  measured  to  be  85  mg/dL  (by  a  reference  method).  After  every 
addition,  the  concentration  of  bulk  glucose  was  increased  by  40  m^dL. 
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From  Figure  1  it  can  be  seen  that  sensor  responded  to  the  glucose  concentiation  increase  in  whole 
blood.  After  testing  in  whole  blood,  the  electrodes  were  washed  and  tiien  tested  again  in  buffer 
solution.  It  was  found  that  the  sensitivity  of  the  sensors  remained  the  same  as  before  the  test  in  the 
whole  blood.  This  demonstrated  that  the  electrode  surface  has  not  been  irreversibly  clogged  by 
the  blood  albumin.  The  sensor  signal  in  whole  blood  however,  has  of  lower  amplitude  than  that 
obtained  in  buffer  solution.  This  could  be  an  indication  that  there  is  some  adsorption  of  substances 
(proteins,  lipids)  on  the  electrode  surface  acting  as  an  additional  diffusion  barrier  for  glucose  and 
diminishing  the  sensor  signal. 


Figure  1. 


Recording  of  the  heparinized  needle-type  glucose  sensor  signal  obtained  during  a 
glucose  concentration  test  in  whole  blood  at  37  ®C.  The  test  was  conducted  at 
Walter  Reed  Army  Institute  of  Research. 
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Needle-type  Glucose  Biosensors  with  Non-platinum  Electrocatalyst 

Amperometric  needle-type  glucose  biosensors  employing  non-platinum  catalytic  electrodes  made 
from  pyrolytic  electrode  of  pyrolyzed  cobalt-tetramethoxy-phenylporphyrin  (CoTMPP)  has  been 
investigated.  A  technique  for  preparation  of  the  working  electrode  with  catalyst  and  adsorbed 
enzyme  (enzyme  electrode)  from  a  pressed  matrix  (tablet)  was  developed.  This  technique  allows 
manufacturing  numerous  sensors  from  the  same  pressed  tablet,  all  of  which  demonstrate  good 
reproducibility  of  their  parameters  (sensitivity,  linear  range,  lifetime). 

The  catalytic  electrode  was  fabricated  in  the  form  of  a  pressed  tablet,  from  which  a  disc-shaped 
segment  was  placed  inside  a  flattened  needle  tip.  This  procedure  consists  of  four  consecutive  steps: 
(a)  formation  of  a  carrier  tablet  from  teflonized  (PTFE  treated)  carbon  black,  (b)  formation  of  the 
catalytic  layer  over  the  pressed  carbon  black  matrix,  (c)  enzyme  deposition  (immobilization)  on  the 
catalytic  layer  and  (d)  cutting  a  cylindrical  segment  from  the  tablet  to  obtain  the  enzyme  electrode. 
The  carrier  layer  was  made  of  teflonized  carbon  black  pressed  at  260  KPa  to  give  a  electro- 
conductive  matrix.  The  matrix  had  a  disk  shape  with  10  cm2  area  and  thickness  about  0.4  mm. 
After  the  formation  of  the  carbon  black  matrix,  the  dispersed  catalyst  from  p5n’olyzed  CoTMPP 
was  poured  on  one  of  the  matrix  sides  (c.a.  0.5  mg/cm  2)  and  pressed  at  65  KPa  to  form  a  thin 
layer.  The  total  thickness  of  the  tablet  after  adding  the  catalytic  layer  did  not  exceed  0.5  mm.  The 
resulting  tablet  is  sufficiently  elastic  and  durable  to  be  stored  or  transported. 

In  general,  electrodes  of  different  shapes  and  sizes  can  be  cut  out  from  such  a  tablet. 
Macroelectrodes  (disk-shaped,  rectangular  pieces  or  strips  of  several  cm2)  as  well  as 
microelectrodes  (usually  disks  with  diameters  between  0.5  mm  and  1  mm)  can  be  fabricated.  The 
reproducibility  of  this  technique  is  high  and  relies  on  the  reproducible  properties  of  the  teflonized 
carbon  black  developed  initially  for  the  needs  of  the  battery  technology. 

The  side  of  the  tablet  with  the  supported  pyrolyzed  CoTMPP  (catalytic  layer)  was  impregnated 
with  enzyme  solution  containing  20  mg/cm^  Glucose  Oxidase  in  0.5%  (w/v)  Nafion  in  phosphate 
buffer  solution.  The  enzyme/Nafion  layer  was  then  dried  at  room  temperature  for  two  hours 
forming  an  active  layer  of  immobilized  Glucose  Oxidase.  The  prepared  enzyme  layer  contained 
approximately  1  mg/cm2  Glucose  Oxidase  and  c.a.  0.25  mg/cm  2  Nafion  (loaded  amount)  in  the 
immobilization  matrix. 
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Different  glucose  diffusion  (external)  membranes  have  been  studied  in  order  to  extend  the  linear 
range  of  the  biosensor  response.  These  coatings  were  made  by  dipping  of  the  sensor  tip  in  a 
polymer  solution  (5  %  w/v,  of  CA  in  acetone,  PU  and  PVC  in  tetrahydrofurane).  A  cellulose 
paper  membrane  was  used  the  paper  segment  is  cut  out  from  a  plain  sheet  of  white  Xerox 
printer/copy  paper  during  the  enzyme  electrode  preparation.  The  paper  piece  is  then  impregnated 
with  2  %  wt./v.  of  CA  solution  in  acetone).  Linearity  of  the  sensor  response  to  glucose 
concentrations  up  to  35  mM  was  observed  when  a  cellulose  paper  membrane,  impregnated  with 
cellulose  acetate  was  employed.  Sensors  demonstrated  a  shelf  lifetime  of  30  days  (with  constant 
parameters  of  the  signal  output)  and  can  be  used  for  continuous  glucose  monitoring  in  vitro  for  at 
least  5  days. 

The  results  presented  show  that  a  non-platinum  catalytic  hydrogen  peroxide  oxidizing  electrode  can 
be  used  successfully  in  a  needle-type  glucose  biosensor.  The  proposed  technique  for  enzyme 
electrode  preparation  from  a  pressed  multi-layer  carbon  black  tablet  provides  the  possibility  to 
improve  the  reproducibility  of  the  sensor  parameters  within  a  set  of  sensors  (See  APPENDIX  5). 

Enzyme  Electrodes  with  Glucose  Oxidase  Immobilized  on  Stbber  Glass  Beads 

Some  efforts  were  directed  towards  the  development  and  experimental  evaluation  of  a  miniature 
Stbber  glass-coated  enzyme  electrode  for  glucose  biosensor  applications.  The  enzyme  (Glucose 
Oxidase)  was  chemically  immobilized  onto  the  surface  of  the  Stbber  glass  beads  after  a  silanization 
procedure.  The  sensors  were  fabricated  using  glass  beads  of  different  radii  ranging  from  20  nm  to 
100  nm.  The  overall  thickness  of  the  glass  coating  was  about  1.4  in  all  cases. 

Platinum  wires  were  coated  with  a  layer  of  Stbber  glass  beads  by  sol-gel  technology  using  the 
facilities  of  Sandia  National  Laboratories.  The  porous  Stbber  glass  films  were  made  by  multiple 
dip  coating  of  Pt  wires.  After  each  dip  the  wires  were  cured  at  400°C  in  air.  The  monodisperse 
glass  spheres  were  made  by  the  Stbber  method  and  maintained  in  ethanol -water  (pH  11)  solutions. 
Films  made  in  this  manner  have  a  very  high  free  volume  and  porosity.  The  perceived  advantages  of 
using  Stbber  glass  films  for  immobilizing  bioactive  molecules  such  as  enzymes  include  the  rigid 
structure  of  the  films,  strong  adhesion  to  the  sensor  surface,  and  high  potential  diffusion  constants 
for  both  reactants  and  products.  Other  films,  both  organic  polymers  and  inorganic  sol-gel  matrices, 
enmesh  the  biomolecules  in  a  gel  where  diffusion  constants  can  be  lowered  by  factors  of  up  to  ICP. 
It  is  known  from  BET  type  porosity  and  surface  area  measurements  that  Stbber  films  made  from 
different  size  spheres  have  a  well  defined  and  reproducible  porosity  of  37%,  which  is  larger  than 
one  would  expect  from  close  packing  of  the  spheres. 
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Silanization  was  utilized  to  prep^e  the  Stbber  glass  beads  and  the  platinum  wire  surfaces, to  bond 
with  glutaraldehyde.  The  glass-coated  needle-type  electrode  was  made  by  using  silanization 
followed  by  cross-linking  the  enzyme  onto  glass  beads.  Initial  calibration  curves  of  the  electrodes 
show  an  increase  in  the  response  value  with  decrease  in  the  bead  radius.  Life-time  evaluation  tests, 
however,  demonstrate  a  different  behavior  of  the  electrodes.  At  the  end  of  a  50  day  test,  the 
electrode  with  bead  radius  of  70  nm  remained  most  stable.  The  response  of  this  electrode  was 
stable  over  this  period  of  time  and  no  apparent  decrease  in  its  sensitivity  was  observed.  This  study 
suggests  that  there  may  be  a  relation  between  the  immobilized  enzyme  stability  and  the  porosity  of 
the  glass-bead  layer.  Preliminary  tests  in  undiluted  blood  plasma  suggest  that  electrodes  can  be 
used  for  glucose  measurements  in  body  fluids.  Further  experiments  need  to  be  performed  to 
improve  the  performance  of  the  biosensor.  This  includes  improvement  in  the  control  of  porosity, 
surface  pretreatment  and  particularly  avoidance  of  cracking  of  the  Stober  glass  layer  (See 
APPENDIX  6). 

A  mathematical  model  of  a  glucose  sensor  beised  on  the  amperometric  detection  of  hydrogen 
peroxide  using  immobilized  Glucose  Oxidase  has  been  developed.  In  this  sensor  the  enzyme 
(Glucose  Oxidase)  was  immobilized  on  Stober  glass  beads  that  were  attached  to  a  Platinum 
electrode.  The  influence  of  bead  radius  (ranging  20  nm,  45  nm,  70  nm,  100  nm  and  200  nm)  on 
the  performance  of  the  sensor  was  analyzed.  The  total  enzyme  concentration  defined  per  unit 
interfacial  area  increased  directly  with  the  bead  radius  and  the  effective  diffusivity  of  the  substrate 
in  the  enzyme  layer  decreased  with  increasing  bead  radius.  The  model  described  approximate 
analytical  solutions  for  the  behavior  of  the  system,  which  was  assumed  to  follow  Michaelis- 
Menten  scheme  of  reaction.  Two  distributions  of  the  enzyme  in  the  bead  layer  had  been  taken  into 
consideration  in  the  discussion.  Numerical  solutions  had  also  been  presented  to  give  a  complete 
picture  of  the  behavior  of  the  system.  Comparison  of  the  numerical  solutions  and  approximate 
analytical  solutions  suggested  that  the  model  was  consistent  in  the  regions  of  approximations.  The 
model  predicted  different  behavior  of  the  system  on  either  side  of  the  critical  radius  (approximately 
26  nm).  The  process  is  essentially  diffusion  controlled  for  the  sensors  with  beads  of  radius  smaller 
than  the  critical  radius  and  the  current  response  of  the  sensors  in  this  case  increased  with  bead 
radius.  The  current  response  of  the  sensors  with  beads  of  radius  greater  than  the  critical  radius, 
decreased  with  the  increase  in  bead  radius.  The  regime  of  operation  (kinetic  control  or  diffusion 
control)  for  this  case  depended  on  the  Thiele  modulus  (See  APPENDIX  7). 
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ANALYTICAL  LETTERS,  27(8),  1453-1473  (1994) 

DEVELOPMENT  OF  A  NEEDLE  TYPE  GLUCOSE  BIOSENSOR 

KEY  WORDS:  Glucose  biosensor,  needle  sensor,  glucose  concentration 

monitoring 

Ihab  Abdd-Hamid,  Plamen  Atanasov  and  Ebtisam  Wilkins 

Department  Chemical  and  Nuclear  Bigine^ng, 

University  of  New  Mexico,  Albuqu^’que,  NM  87131-1341 

ABSTRACT 

A  needle  type  glucose  biosensor  has  been  developed  for  monitoring  of 
glucose  levels  during  hemorrhage  shock.  The  sensor  employs  polycarbonate 
membranes  that  are  either  untreated  or  treated  with  Nafion  or  Silastic,  and  Glucose 
Oxidase  enzyme  whidi  is  immobilized  on  modified  carbon  powder  in  a  gel  matrix. 
Sensor  performance  was  evaluated  in  vitro  and  the  sensor  showed  a  sensitivity  of 
up  to  10  nA/mM  and  a  linear  range  of  up  to  30  mM.  Evaluation  of  the  sensor 
response  in  serum  showed  similar  sensitivity  and  linear  range  as  obtained  using 
calibration  curves  in  buffer  solution.  The  sensors  were  operated  continuously  for 
28  days  in  phosphate  buffer  solution  and  no  significant  change  in  the  sensitivity  and 
the  linear  range  was  observed  during  the  first  7  days.  Sensors  show  a  minimum 
change  in  their  performance  when  stored  inactive  in  buffer  at  4“C  for  at  least  eight 
weeks. 
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INTRODUCTION 

A  substantial  amount  of  reseaich  has  been  devoted  to  the  development  of 
sensors  for  analytical  purposes  in  medicine  and  biology  i.  Especial  efforts  were 
conc^trated  on  the  develoiMnent  d’  reliable  implantable  glucose  sensors  to  close  flie 
loop  for  insulin  delivery  system  -  an  artifidal  pancreas  2.  Miniaturization  of  the 
sensor  to  needle  size  is  a  common  engineering  ^proach  to  obtain  a  sensor  suitable 
for  subcutaneous  implantation. 

The  main  method  for  the  construction  of  these  glucose  sensors  is  the  use  of 
enz)mie  electrodes  3.  This  is  because  of  the  high  substrate  specificity  and  high 
activity  of  enzymes  as  biological  catalysts.  The  enzyme  usually  used  is  Glucose 
Oxidase  (GOD),  and  detection  is  performed  according  to  the  following  overall 
reaction: 


GOD 

P-D-glucose  +  02  +  H2Q  - ->  Gluconic  acid  +  H2Q2 


Amperometric  glucose  biosensors  are  usually  based  on  measuring  the  increase  in 
the  anodic  current  due  to  H2O2  oxidation,  or  the  decrease  in  the  cathodic  current 
due  to  O2  reduction.  The  H2O2  electrode  based  glucose  biosensors  are 
advantageous  because  of  their  ease  of  fabrication  and  possibility  of  constructing 
them  in  small  sizes  even  when  conventional  technology  is  used.  Reports  of  the 
construction  of  glucose  sensors  utilizing  the  oxygen  electrode  have  also  been 
presented  4-6. 

The  general  size  of  the  needle-type  glucose  sensors  ranges  from  16  to  28 
gauge  (1.65  to  0.36  mm).  A  sensor  usually  consists  of  three  layers,  an  inner 
permeable  selective  membrane  (which  may  or  may  not  be  present),  an  enzyme  layer 
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containing  flic  Glucose  Oxidase,  and  an  outer  semi-permeable  membrane.  The 
sensor  genaally  ccmsists  of  a  plaflnum  woridng  electrode  (polarized  as  anode)  and 
silver  7,  stainless  steel  8,  Ag/AgCl  9,  or  platinum  to  as  counter  electrode,  used  as  a 
lefeience  in  two  electrode  ^^ms.  A  three  electrode  i^stem  wifli  a  Ag/AgQ  wire 
refn^ce  electrode  placed  inride  flie  needle  body  has  also  be^  reported  u. 

ShieWri  et  al  were  the  first  to  report  success  in  miniaturizing  a  glucose 
sensor  and  introduced  the  needle  enzyme  electrode  which  had  an  outer  diameter  of 
1mm  7.  Since  then,  there  have  been  many  reports  on  the  development  of  needle 
sensors  8.io,i2.i3.  The  response  times  range  from  16  to  100  secs,  and  linear  ranges 
woe  fixMn  10  to  27  mM.  In  vivo  performance  of  needle  s«isots  has  be«i  evaluated 
by  subcutaneous  implantation  in  animals  ^.14-17.  The  lifetimes  of  the  implanted 
sensors  ranged  from  4  to  14  days,  with  a  delay  of  at  least  5  minutes  between 
subcutaneous  and  blood  glucose  levels.  Subcutaneous  implantation  in  humans  has 
also  been  performed  and  sensor  response  showed  high  correlation  with  blood 
glucose  levels  18.19,  A  telemetry  system  has  been  proposed  for  monitoring  and 
control  of  the  insulin  delivery  system  20. 

A  new  possible  application  of  the  needle  sensors  is  the  monitoring  of  the 
glucose  level  in  the  blood  stream  (intravascular  sensors).  Continuous  online 
monitoring  of  glucose  concentration  appears  of  crucial  importance  in  the 
management  of  trauma  cases  involving  extensive  bleeding  -  hemorrhage. 
Hemorrhagic  shock  generally  consists  of  two  phases,  the  compensatory  phase  and 
the  decompensatory  phase  2i  .  Hyperglycemia  is  associated  with  a  deterioration  of 
mechanisms  which  support'  homeostasis  in  the  decompensatory  phase  of 
hemorrhagic  shock  21.22.  Plasma  glucose  has  been  shown  to  follow  a  certain 
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pattern  during  hemonbagic  shock.  At  the  onset  of  the  hemorrhage,  the  plasma 
glucose  level  rises  to  hyperglycemic  levels  from  90  mg/dL  to  240  mg/dL  in  2 
hours.This  is  known  as  the  decompensatory  phase.  This  is  followed  by  the 
compensatory  phase  in  which  plasma  glucose  levels  start  to  fall,  reaching 
hypoglycemic  levels  of  j^proximatdy  30  mg/dL.  It  has  also  been  demonstrated  that 
early  glucose  administration  to  maintain  the  hyperglycemic  phase  arrests 

decompensation  23. 

The  compensatory  phase  of  hemorrhagic  shock  lasts  for  approximately  2 
horns  23,  making  the  time  delay  and  accuracy  of  subcutaneous  monitoring  of 
glucose  levds  unacceptable.  Thus,  hemorrhagic  shock  requires  direct  monitoring  of 
glucose  in  the  bloodstream  for  maximum  accuracy  and  fastest  response. 
Intravenous  monitoring  presents  several  complications  such  as  risk  of  infection, 
vascular  thrombosis,  and  inactivation  of  sensing  devices  by  clotting. 

In  this  communication  we  present  initial  results  on  the  development  of  the 
needle  sensor  for  monitoring  of  glucose  levels  during  hemorrhagic  shock. 

EXPERIMENTAL 

Reagents  and  Materials 

Glucose  Oxidase  (GOD,  E.C.1. 1.3.4,  activity  250  EU.mg*t,  purified  from 
Aspergillus  Niger)  and  Bovine  Serum  Albumin  (BSA)  were  from  Sigma  Chemical 
Co.(St  Louis,  MO),  and  used  without  further  purification.  The  immobilization 
reagents:  l-cyclohexyl-3(2-morpholinoethyl)  carbodiimide  metho-p-toluene- 
sulfonate  and  glutaraldehyde  (25%.  aqueous  solution)  were  also  obtained  from 
Sigma.  Platinum  wires  of  0.127,  0.25  and  0.5  mm  diameters  were  obtained  from 
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needles  (outer  diameter  2.11  mm  and  1.27  mm)  manufactured  by  Becton  Dickinson 
Standard  &  Co.  (RuthafOTd,  NJ)  were  used.  Silicone  Water-Based  Elastomer  r 
Silastic  (DC  3-5025)  was  obtained  from  Dow  Coming  Corp.  (Midland,  MI).  The 
Nafionf®  perfluorinated  ionomer  was  obtained  from  Aldridi  as  5  wt%  soluticm  and 
used  after  dilutitm  to  0.5%  (w/v)  using  equal  amounts  of  2-propanol  and  distilled 
water.  Ultrapure  Low  Temperature  Isotropic  (ULTI)  carbon  powder  (fraction  less 
than  325  mesh)  was  from  Carbomedics.  The  standard  polycarbonate  membranes 
(pore  size  0.03  /<m,  thickness  6  j*m^  and  pore  density  6  x  106  pores/cm^  rated  by 
the  manufacturer)  were  from  Poretics  Corp.  (Livermore,  CA).  D-glucose, 
anhydrous  (Baker  Analyzed,  Hiillipsburg,  NJ)  was  used  as  a  stock  solution  (20 
gAL)  in  phosphate  buffer,  prqwued  at  least  one  day  before  measurements  for 
mutarotation.  All  other  reagents  used  were  of  analytic  grade  and  used  without 
further  purification. 

Enzyme  ImmoNlization 

The  enzyme  Glucose  Oxidase  (GOD)  was  immobilized  on  ULTI  carbon 
powder  using  the  carbodiimide  technique  as  described  before  24.  prior  to  sensor 
preparation,  the  enzyme-modified  carbon  powder  was  dispersed  in  1  ml  of  O.IM 
phosphate  buffer  solution  (pH  7.4),  containing  fresh  GOD  (20  mg/ml),  BSA  (42.5 
mg/ml)  using  an  ultrasonic  bath.  In  the  preparation  of  the  enzyme  gel  matrix,  2% 
glutaraldehyde  was  used  for  crosslinking  the  enzyme-modified  carbon  with  BSA. 

Membrane  Coating 

The  standard  polycarbonate  (PC)  membranes  were  used  as  obtained 
(without  coating)  or  coated  by  Nafion  or  Silastic.  For  Nafion  coating  the  samples  of 
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dish  for  one  hour.  They  were  then  held  vertically  and  dried  in  air  for  one  hour.  A 
disc  (diameto'  c.a.  8  mm)  was  cut  from  the  central  area  of  the  membrane  sample 
and  used  in  the  sensor  pr^)aration  as  a  glucose  diffusion  membrane. 

The  polycarbonate  membrane  was  covered  by  a  silastic  layer  to  obtain  the 
necessary  diffusion  properties.  The  preparation  and  optimization  of  this  external 
glucose  membrane  has  been  the  subject  of  our  recent  report  25. 

Sensor  Design 

The  stainless  steel  needle  was  cut  at  both  ends  to  remove  the  plastic  cap  and 
the  pointed  end,  and  the  ends  were  smoothed  using  files  and  fine  sand  paper.  The 
needle  was  cleaned  in  concentrated  nitric  acid,  washed  with  distilled  water  and 
dried.  A  platinum  wire  was  cleaned  in  concentrated  nitric  acid  and  treated  in  a 
propane  flame  to  form  a  smooth  shape  or  a  bulb  at  one  of  the  ends.  The  platinum 
wire  was  insulated  by  dipping  in  silastic  up  to  2  mm  below  the  bulb  end,  or  by 
sealing  in  a  polyethylene  tubing  with  proper  inner  diameter  and  gluing  with 
cyanoacrylate  glue.  Wires  of  0.5  mm  diameter  were  insulated  using  Teflon  heat 
shrinkable  tubing.  The  insulated  platinum  wire  was  then  inserted  into  the  body  of 
the  needle.  A  syringe  was  used  to  suck  the  immobilized  enzyme  gel  (before  final 
gelling)  into  the  needle  body  using  a  plastic  tube.  A  polycarbonate  membrane 
(diameter  c  a  8  mm)  was  used  to  cover  the  end  of  the  sensor  and  was  fixed  in  place 
using  an  o-ring.  The  sensor  was  then  stored  at  4  C  to  accomplish  the  gelling 
process  in  the  enzyme  matrix.  After  that  the  polycarbonate  membrane  was  carefully 
glued  behind  the  o-ring  with  cyanoacrylate  glue  and  then  the  o-ring  was  removed. 
The  schematic  of  the  assembled  sensor  is  shown  in  Fig.  1. 
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FIG.  1  Sdiematic  cross-section  of  the  glucose  biosenson 

1 .  Platinum  wire  -  woridng  electrode  (anode); 

2.  Stainless  sted  needle  -  counter  dectrode  (cathode)  and  sensor  body; 

3  -  InsulaticHi  of  the  working  electrode; 

4.  Enzyme  gd  matrix; 

5.  Polycarbonate  ^ucose  diffusion  membrane;  ^ 

Apparatus  and  Procedure 

The  needle  sensors  were  tested  in  vitro  in  a  magnetically  stirred, 
thermostated  measuring  cell  (volume  50  mL).  A  two  dectrode  drcuit  was  used,  the 
platinum  wire  as  a  working  electrode  polarized  as  an  anode,  and  the  stainless  steel 
needle  body  as  both  reference  and  counter  electrodes,  polarized  as  a  cathode,  and 
maintained  by  a  potentiostat  (BAS  CV-IB,  Bioanalytical  Systems  Inc.,  West 
Lafayette,  IN)-  The  amperometric  signals  were  recorded  on  Omnigraphic  100 
recorders  (Houston  Instruments,  Austin,  TX).  The  supporting  electrolyte  was 
O.IM  phosphate  buffer  solution,  pH  7.4  containing  0.1  M  KCl.  Between 
measurements  the  sensors  were  stored  soaked  in  phosphate  buffer  (pH  7.4)  in 
closed  vessels  at  4  "C.  Before  measurements  the  sensors  were  polarized  for  at  least 
10  minutes  to  establish  the  background  current 
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The  polarizaticm  curves  were  obtained  by  manually  varying  the  potoitial  of 
the  platinum  electrode  versus  the  stainless  steel  electrode  from  +03  V  to  +0.9  V  in 
0.05  V  steps  ^d  recording  the  steady-state  value  of  the  anodic  current 

Calibration  curves  -  the  depend^ce  of  the  steady  state  anodic  current  on 
glucose  concentration  -  were  obtained  when  the  glucose  concentration  was  varied 
by  consecutive  additions  of  glucose  from  stock  solution  to  the  measunng  cell  in  40 
mg/dL  concentration  increments.  Calibration  curves  in  serum  were  obtained  using 
serum  samples  prepared  from  bovine  blood  by  centrifugal  separation.  Glucose 
levels  in  these  samples  are  measured  by  routine  clinical  methods  (Beckmann 
Glucose  Analyzer)  and  then  varied  by  addition  of  ^ucose  from  the  sto^  solution. 

Reproducibility  of  the  sensor  response  was  tested  by  recording  the  current 
signal  to  altematingly  varying  glucose  concentrations  between  50  mg/dL  to  100 

mg/dL,  and  between  100  mg/dL  to  200  mg/dL. 

Hemorrhagic  shock  is  simulated  in  vitro  by  varying  the  concentration  of 

glucose  in  phosphate  buffer  solution  by  step  changes  from  100  mg/dL  to  300 
mg/dL  and  then,  after  20  minutes  from  300  mg/dL  to  30  mg/dL.  During  these 
experiments  the  sensor  amperometric  transient  response  was  continuously 
recorded. 

RESULTS  and  DISCUSSION 

Steady-state  polarization  curves  were  obtained  in  order  to  estimate  a 
working  potential  for  the  prepared  needle  sensors.  Fig.  2a  shows  a  typical 
polarization  curve  of  a  needle  sensor  in  the  presence  (100  mg/dL,  curve  1)  and  the 
absence  (curve  2)  of  glucose  in  the  cell.  In  glucose  solutions  a  significant  increase 
of  the  anodic  current  at  potentials  more  positive  than  +0.35  V  occurs.  The  anodic 
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HG.  2  Steady-state  pdarizadon  curves  of  the  platinum  electrode  vs  stainless  steel 
needle  in  the  ttpsensor  with  standard  polycarbonate  membrane: 

(a)  in  320  mg/dL  glucose  solution  (curve  1)  and  the  background  curve  in 
blank  phosphate  buffer  (curve  2); 

(b)  resulting  polarization  curve  of  the  sensor  response  (subtraction  of 
curve  2  from  curve  1) 


current  did  not  reach  an  observable  plateau  due  to  the  increase  of  the  background 
current  at  higher  potentials.  The  difference  between  the  anodic  current  in  glucose 
solutions  and  the  background  current  (sensor  response)  is  plotted  against  the 
implied  potential  (shown  in  Rg.  2b).  It  is  clear  that  a  plateau  is  reached  at  potentials 
more  anodic  than  +0.65  V,  the  range  of  diffusionaly  limited  electrooxidation  of 
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hydrogen  peroxide.  A  working  potential  of  +0.7  V  was  chosen,  and  all  sensors 
were  operated  polarized  at  diis  potential. 

Sensors  Response  to  Glucose 

Calibration  curves  of  the  needle  sensors  with  polycarbonate  mernbranes 
(standard  and  treated  with  Nafion  or  Silastic)  are  shown  in  Fig.  3a.  A  linear 
dependence  of  the  sensor  response  on  glucose  concentration  can  be  observed  for  all 
three  cases.  The  linear  range  (the  concentration  range  within  the  calibration  curve  is 
linear)  is  affected  by  treatment  of  the  membrane.  In  the  case  of  standard 
polycarbonate  membranes  (curve  1)  a  linear  dependence  of  the  sensor  response 
versus  glucose  concentration  is  estimated  to  be  up  to  240  mg/dL  with  sensitivity  of 
0.55  nA/mg/dL.  Coating  of  the  polycarbonate  membrane  with  Nafion  ionomer 
increases  the  linear  range  up  to  400  mg/dL,  simultaneous  decreasing  the  sensor 
sensitivity  to  0.47  nA/mg/dL  (curve  2).  A  similar  effect  is  also  observed  when 
membranes  coated  with  Silastic  are  used  (curve  3).  The  linear  range  is  extended  up 

to  at  least  500  mg/dL  and  the  sensitivity  is  0.36  nA/mg/dL 

The  Eadie-Hofstee  plot  of  the  same  data  (Fig.  3b)  can  be  used  as  a  tool  in 
diagnosis  of  diffusional  limitations  26,  The  external  diffusional  limitations  provided 
by  the  standard  polycarbonate  membrane  affect  the  Eadie-Hofstee  plot  and  the  curve 
becomes  concave  towards  the  origin  of  the  axes  (curve  1).  A  portion  of  this  curve 
corresponding  to  a  kinetically  controlled  mode  of  the  sensor  operation  can  be 
located  from  which  an  apparent  Michaelis-Menten  constant  is  obtained  as  600 
mg/dL  (39  2  mM).  When  coated  membranes  are  used  (curve  2  -  Nafion  coated  PC 
membrane  and  curve  3  -  PC  membrane  coated  by  Silastic)  the  external  diffusion 
limitations  are  totally  dominant  and  the  cuiv'es  become  asymptotic  to  the  current 
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GLUCOSE  CONCENTRATION,  mg/dL  SENSITIVITY,  nA/mg/dL 


TIME 


FIG.  3  Dependence  of  the  biosensor  amperometric  response  on  glucose 
conc^tration: 

(a)  calibration  curves  of  the  biosensor  in  glucose  buffer  solution; 

(b)  Eadie-Hofstee  jdot  of  tiie  data  frcMn  (a); 

(c)  protocols  of  the  biosensors  response  to  consecutive  additions  of 
glucose  (moments  of  the  glucose  addition  are  shown  by  arrows). 

Curves: 

1  biosensor  with  standard  (uncoated)  polycarbonate  membrane; 

2  biosensor  with  polycarbonate  membrane  treated  by  Nafion; 

3  biosensor  with  Silactic  coated  polycarbonate  membrane. 
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signal  (Y)  axis.  A  tendency  to  dqxirt  from  this  vertical  line  (constant  sensitivity)  can 
be  seen  at  high  current  responses  (which  correspond  to  high  glucose 
concentrations)  .The  diffusion  limited  operation  of  the  sensor  response  is  also 
confirmed  in  the  calibration  tests  performed  with  different  agitations  in  the 
measuring  cell  -  there  is  no  difference  in  the  sensor  response  when  the  stirring 
speed  is  varied  from  100  to  about  600  r.p.m.. 

The  response  time  (estimated  as  time  to  reach  95%  of  the  steady-state  value 
of  the  current  signal)  is  also  affected  by  use  of  the  coatings.  Fig.  3c  presents  typical 
protocols  of  the  current  transients  for  the  three  sensors  during  the  calibration  test.  It 
can  be  seen  that  the  response  time  of  each  membrane  does  not  depend  on 
concentration  when  sensor  operates  witWn  its  linear  range.  The  response  time  in 
this  case  is  a  function  of  the  concentration  step-change  only.  The  response  time  (for 
a  concentration  step-change  of  40  mg/dL)  for  the  sensor  with  standard  PC 
membrane  is  3  to  4  minutes;  for  the  sensor  with  Nafion  treated  membrane  it  is  4  to 
6  minutes  and  for  the  sensor  with  membrane  coated  by  Silastic,  7  to  9  minutes.  At 
the  highest  glucose  concentrations,  when  kinetics  become  rate  limiting  factor,  the 
response  time  increases  with  inCTeasing  concentration  of  glucose. 

The  reproducibility  of  the  sensors  response  is  tested  by  varying  the  glucose 
concentration  in  the  measuring  cell  alternately  between  two  levels  with 
concentration  step-changes  of  50  mg/dL:  from  50  mg/dL  to  100  mg/dL  (2.8  -  5.6 
mM),  and  with  step  changes  of  100  mg/dL:  between  100  mg/dL  and  200  mg/dL 
(5.6  - 1 1.1  mM).  The  sensors  monitored  the  glucose  level  in  the  cell  for  two  hours 
between  concentration  changes.  Continuous  testing  for  more  than  five  days  was 
performed;  overnight  sensors  were  left  operating  at  lowest  glucose  concentrations. 
It  is  found  that  for  every  level  of  glucose  concentration,  the  sensor  response  attains 
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the  same  amperometiic  signal  value  within  an  acceptable  ±5%  error  limit.  The 
resptmse  time  at  the  oMicentiaticMi  step-change  of  lOOmg/dLis  lOto  12  minutes  for 
the  sensors  with  standard  and  Nation  treated  membranes  and  about  15  minutes  for 
die  sensor  with  a  membrane  coated  by  Silastic.  There  is  no  observable  difference 
between  the  response  times  for  increasing  concentration,  and  for  decreasing 
concentration. 

The  glucose  concentration  profile  during  hemorrhagic  shock  is  simulated  by 
a  concentration  step  change  from  100  mg/dL  (approximating  the  normal 
physiological  value)  to  300  mg/dL,  and  after  30  minutes  (compensatory  phase)  a 
decreasing  step  change  from  300  mg/dL  to  30  mg/dL  (decompensatory  phase). 
Typical  transients  of  the  current  sensors  responses  to  this  test  are  shown  in  Rg.  4. 
The  s^isor  with  standard  PC  membrane  (curve  1)  reaches  the  steady-state  value  in 
16  minutes  during  the  increasing  step  and  in  20  minutes  during  the  deceasing  step 
of  the  test  Fk>r  the  sensor  with  Nafion  treated  PC  membrane  (curve  2)  the  response 
times  are  16  minutes  for  the  increasing  and  22  minutes  for  the  decreasing  step. 
Sensors  with  Silastic  coated  PC  membrane  responded  in  25  minutes  to  increasing 
glucose  concentration,  and  in  35  minutes  to  decreasing  concentration  to  the 
hypoglycemic  level.  These  tests  have  been  performed  several  times  during 
continuous  operation  of  the  sensors  for  a  week.  The  values  of  the  steady-state 
amperometiic  response  of  this  sensor  have  been  found  to  be  within  10%  of  values 
predicted  from  the  calibration  curves. 

It  should  be  noted  that  the  concentration  change  during  these  tests  is  a  step, 
as  opposed  to  the  gradual  concentration  changes  in  the  physiological  processes. 
These  results  show  that  the  sensors  are  able  to  respond  to  the  varying  glucose 
concentrations  in  an  acceptable  time  and  with  reproducible  current  values.  It  can  be 
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HG.  4  Protocol  of  the  sensors  response  during  hemorrhage  in  vitro  simulation 
test  (moments  of  ^ucose  concentration  change  are  shown  by  arrows). 
Curves! 

1  bio^nsor  with  standard  (uncoated)  polycarbonate  membrane; 

2  biosensor  with  polycarbonate  membrane  treated  by  Nafion; 

3  biosensor  with  Silactic  coated  polycarbonate  membrane. 


seen  that  the  use  of  Silastic  coatings  on  polycarbonate  membranes  has  the  advantage 
of  increasing  the  linear  range  of  the  sensor  response,  but  with  the  disadvantage  of 
increasing  the  response  time. 

The  evaluation  of  the  sensor  performance  in  serum  can  be  used  as  an  initial 
interference  test  Calibration  curve  in  bovine  serum  is  obtained  by  procedure  similar 
to  that  when  phosphate  buffer  solution  is  used.  Fig.  5  presents  a  comparison 
between  the  calibration  curve  in  bovine  serum  and  two  calibration  curves  in 
phosphate  buffer  solution  (obtained  before  and  after  the  serum  test)  for  a  sensor 
with  standard  PC  membrane.  The  calibration  curve  in  bovine  serum  starts  from 
concentration  of  glucose  85  mg/dL  (the  actual  concentration  of  the  probe)  to  avoid 
dilution.  The  calibration  curves  in  buffer  solution  are  presented  without  subtraction 
of  the  background  current  so  as  to  be  comparable  with  the  curve  obtained  in  sera.  It 
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GLUCOSE  CONCENTRATION,  mg/dL 


FIG.  5  Calibration  curve  of  glucose  biosensor  with  standard  polycarbonate 

membrane  in  bovine  serum  (P)  compared  with  the  calibration  data  obtained 
before  (O)  mid  after  (•)  serum  test 


can  be  seen  from  the  Rgure  that  the  extrapolated  background  current  of  the 
calibration  curve  in  serum  and  its  slope  are  practically  the  same  as  those  of  the 
calibration  curves  obtained  in  phosphate  buffer.  Similar  coincidences  are  obtained 
with  sensors  employing  Naflon  treated  and  Silastic  coated  membranes. 

Sensor  Life  Times 

The  stability  of  die  sensors  in  time  is  recognized  as  one  of  the  most 
important  factors  with  respect  of  practical  applications.  Two  aspects  of  die  sensors 
life-time  have  been  studied;  the  storage  life-time  and  the  long-term  operational 
stability. 

In  order  to  estimate  the  storage  life-time,  three  sets  of  sensors  with  standard 
PC  membrane,  with  PC  membrane  treated  by  Nation,  and  with  Silastic  coated  PC 
membrane  (six  sensors  in  each  series)  were  made.  These  sensors  were  then  stored 
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in  closed  vessels  (soaked  in  phosphate  buffer)  at  4*C  and  cahbration  curves  . 
obtained  after  a  certain  period  of  time.  Table  1  summmzesthe  data  of  this  test  5 
presenting  the  main  parameters  the  sensor  calibration  curves^  the  sensitivity  (tiie 
slope  in  tiie  linear  part  of  the  calibration  curve)  and  the  linear  range  of  the  sensor 
response  to  glucose  (presented  by  the  upper  limit  of  the  linear  range).  It  should  be 
mentioned  that  the  presented  data  are  from  the  first  measurements  for  each  of  the 
sensors  in  the  set  Storage  time  is  counted  from  the  day  of  sensor  preparation.  It 
can  be  seen  that  in  each  of  the  sets,  sensors  demonstrate  typical  values  of  their 
sensitivity  and  linear  range:  relatively  higher  sensitivity  and  lower  linear  range  for 
the  sensor  with  standard  PC  membranes  with  respect  to  the  sensors  with  coated 
membranes.  Within  each  series  the  difference  in  the  parameters  of  the  calibration 
curves  do  not  exceed  a  variation  of  ±10%.  These  sets  of  sensors  were  tested  for  a 
period  of  8  weeks  (56  days)  and  no  practical  change  of  their  performance  (within 
±10%)  has  been  seen.  To  obtain  the  actual  limits  of  the  storage  life-time  of  the 
sensors  another  three  sets  have  been  prepared  and  the  tests  are  currently  in 
progress. 

The  operational  long-term  stability  of  the  sensor  can  be  defined  as  the 
period  of  time  over  which  the  sensor  can  continuously  monitor  glucose 
concentration.  During  the  long-term  operational  stability  tests  sensors  were  kept 
operating  in-glucose  solution  with  concentration  of  100  mg/dL  and  calibration 
curves  of  the  sensors  were  periodically  obtained.  Fig.  6a  presents  the  evaluation  of 
the  parameters  of  the  calibration  curves  (sensitivity  and  linear  range)  for  a  sensor 
with  PC  membrane  coated  with  Silastic.  The  plot  shows  that  the  sensitivity  and  the 
linear  range  remained  practically  constant  (within  ±10%)  for  first  week  of 
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TABLE  1.  Storage  Long-tenn  Stability  of  the  Needle  Sensors 

Parameters  of  die  sensor  calibration  curves,  obtained  after 
storage  of  the  sensOT  at  4*C  after  preparation  (bdfoie  use) 


Storage 

Standard 

Naficm  coated 

Silastic  coated 

Time 

PC  mmbrane 

PC  manbrane 

PC  membrane 

Sensitivity 

Linear  Range 

Soisitivity 

linear  Range 

Sensitivity  linear  Range 

days 

nA/mg/mL 

mg/dL 

nA/mg/mL 

mg/dL 

nA/mg/mL 

mg/dL 

1 

0.55 

240 

0.47 

400 

0.36 

500 

7 

0.51 

280 

0.45 

440 

0.41 

580 

14 

0.58 

240 

0.41 

440 

0.42 

540 

28 

0.54 

220 

0.50 

420 

0.38 

540 

35 

0.48 

240 

0.43 

440 

0.36 

500 

56 

0.56 

280 

0.43 

400 

0.35 

540 

continuous  operation.  After  that  the  sensitivity  of  the  s^isor  increases,  among  with 
a  decrease  of  the  linear  range. 

Fig.  6b  shows  two  calibration  curves  for  this  senson  obtained  after  7  days 
(curve  1)  and  after  28  days  of  sensor  continuous  operation.  A  marked  decrease  in 
tile  linear  range  and  an  increase  in  sensitivity  can  be  seen  in  this  figure  together  with 
a  change  of  the  shape  of  the  curve.  The  corresponding  Eadie-Hofstee  plots  of  the 
data  presented  in  Fig.  6b  are  shown  in  Rg.  6c.  The  Eadie-Hofstee  plot  of  flie 
sensor  calibration  curve  after  one  week  of  operation  (curve  1)  is  close  to  that 
obtained  at  the  first  measurement  (compare  with  Rg.  3b,  curve  3).  The  diffusion 
limitations  of  the  sensor  response  can  be  demonstrated  by  the  well  defined  zone  of 
constant  sensitivity  -  the  plot  is  a  line  asymptotic  to  the  current  response  axis.  The 
Eadie-Hofstee  plot  obtained  from  the  calibration  curve  after  4  weeks  operation 
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(curve  2)  is  a  line  with  negative  slope  and  it  shows  that  the  sensor  is  operating 
iindftr  Idnetic  rate  control.  The  appaient  Midbadis-Menten  constant  calculate  from 
the  slope  of  curve  2  is  300  mg/dL  (16.8  mM). 

Two  posable  explanations  of  such  behaviour  can  be  offered:  loss  of  the 
j  diffusion  properties  of  the  membrane,  or  structural  changes  in  the  enzyme  gel 

1  matrix.  Optical  miCTOscopy  observations  do  not  show  any  noticeable  damage  of  the 

^  membrane.  Lossof  the  Silastic  coating  can  be  supposed,  but  the  calibration  curve 

parameters  in  this  case  should  become  close  to  that  of  the  sensor  with  standard  PC 
i  membrane  (compare  Fig.  3a  and  b,  curves  1  with  Rg.  6b  and  c,  curves  2).  The 

sensor  with  PC  membrane  coated  by  Silastic  after  4  weeks  of  continuous  operation 
I  shows  a  lower  linear  range  and  higher  sensitivity  than  the  freshly  prepared  sensor 

vwth  uncoated  membrane.  The  apparent  Michaelis-Menten  constant  is  two  times 
less  tiian  that  obtained  witii  the  sensor  wifli  the  standard  (uncoated)  membrane.  This 
lead  us  to  attach  significance  to  the  second  hypothesis  -  changes  in  tiie  gel  with  the 
immobilized  enzyme.  Bearing  in  mind  that  during  inactive  storage  no  evidence  of 
such  behavior  is  observed  (Table  1),  it  can  be  assumed  that  possible  destruction  of 

J 

I  the  gel  is  caused  by  hydrogen  peroxide  evolved  in  the  enzymatic  reaction.  In  its 

diffusion  to  the  platinum  electrode  it  may  form  micro^hannels  in  the  gel  matrix, 
changing  its  properties.  This  may  cause  a  change  in  the  diffusion  conditions  in  the 
gel  matrix  and  to  be  a  possible  explanation  for  the  sensor  behaviour  during  the 
,  ^  long-term  operational  stability  test 


HG.  6  Long-term  operation  stability  of  the  biosensor. 

(a)  dependence  of  the  biosensor  sensitivity  (A)  and  the  linear  range  (CD 
on  the  time  of  continuous  operation  in  100  mg/dL  glucose  solution; 

(b)  calibration  curves  of  the  biosensor  obtained  after  7  (curve  1)  and  after 
28  days  of  continuous  operation; 

(c)  Eadie-Hofstee  plot  of  the  data  from  (b). 
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CONCLUSIONS  and  FUTURE  WORK  .  t  - 

This  cpmmimicati<Mi  presents  initial  results  on  the  devdopment.o^a  needle  ^ 
glucose  biosensor  for  monitoring  of  glucose  levels  during  the  hemonhagic  shock. 
The  sensor  employs  commercially  available  and  well  defined  polycarbonate 
membranes  as  diffusion  membranes  for  glucose.  The  use  of  N^on  and  Silastic 
coated  membranes  extended  die  linear  range  up  to  440  mg/dL  and  540  mg/dL 
respectively,  and  also  a  corresponding  increase  in  the  response  time.  The  sensor 
responded  adequately  to  an  in  vitro  simulation  of  hemorrhagic  shock  closely 
following  the  protocol.  Long  term  stability  studies  of  the  sensors  show  that  they  do 
not  change  tiieir  main  characteristics  when  stored  for  at  least  8  weeks  or  operated 
continuously  for  7  days.  Experiments  on  the  long-term  stability  of  die  sensors  are 
sdll  in  progress.  Furdier  work  Will  include  also  detailed  interference  tests  as  well  as 
sensor  evaluation  in  whole  blood  in  vitro.  Glucose  level  monitoring  during 
hemorrhage  shock  will  be  performed  with  these  sensors  when  implanted 
intravenously  in  laboratory  animals  (rats). 
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hl^Eudy  we  «port  the  development  of  a  needle-type  glucose  biosensor  for  the  management 

technique  depends  on  the  electrophoretic  deposition  of  the  glucose  oxidase  enzyme  m  an  electrochemicany  pown  platintm  black  matnx. 
The  sensor  ^  coated  t«th  Nafion  to  decrease  the  effect  of  imerferents.  Preliminary  tests  were  earned  out  to  evaluate  the  sen^r 
performance  in  vitro.  These  tests  included  the  measurement  of  glucose  levels  in  buffer 

Interfcrents.  as  well  as  in  bovine  serum.  The  preliminary  results  show  the  sensor  to  have  lineanty  up  to  33  mM  and  a  diminished  response 
to  interferents.  The  advantages  of  this  technique  are  its  simplicity  and  high  controllability. 

Keywords:  Elcctrodcposiicd  enzyme.  Needle  glucose  biosensor 


1.  Introduction 

Tlie  development  of  sensors  for  invasive  glucose  monitoring 
has  been  the  focus  of  much  research  during  the  past  decade  [1], 
This  attention  arises  from  the  clinical  importance  of  these 
sensors,  especially  in  the  management  of  diabetes  [2]  and 
hemorrhagic  shock  [3].  Amperometrix  enzyme  electrodes 
present  the  most  common  approach  because  of  the  high 
substrate  specificity  and  activity  of  the  enzymes,  and  the 
proportionality  of  the  current  signal  to  the  glucose  concentra¬ 
tion  prodded  by  amperometry.  The  ‘oxidation  of  glucose  by 
molecular  o^gen  to  form  gluconic  acid  and  hydrogen  peroxide, 
which  is  catalyzed  by  glucose  oxidase  (GOD),  presents  the  basis 
for  glucose  detection. 

Needle-type  glucose  sensors  based  on  the  hydrogen  peroxide 
electrode  have  been  the  most  attractive  because  of  their  ease  of 
fabrication  and  adequacy  for  implantation  [4—6],  Success  with 
this  approach  has  reached  the  stage  of  implantation  and 
calibration  experiments  [7,  8],  In  the  fabrication  of  these 
sensors,  glucose  oxidase  can  be  immobilized  by  different 
methods,  such  as  cross-linking  with.glutaraldehyde  and  bovine 
serum  albumin,  or  by  entrapment  in  conducting  or  nonconduct¬ 
ing  polymers  (9],  or  by  immobilization  on  carbon  particles  [10], 
One  method  of  fabrication  which  has  not  been  investigated 
completely  is  the  codeposition  of  GOD  and  metal  particles  on 
the  surface  of  transducer  electrodes-  Ikariyama  and  co-authors 
were  the  first  to  propose  such  a  technique  using  platinum  as  an 
entrapping  matrix  for  GOD  (1 1,  l^L  This  method  makes  use  of 
two  electrochemical  techniques  that  can  be  performed  simulta¬ 
neously.  Namely,  the  electrolytic  reduction  of  metal  complexes 
and  the  electrochemical  adsorption  of  proteins.  The  deposited 
metal  particles  act  as  both  a  transducer  and  a  matrix  for  enzyme 
immobilization.  This  technique  has  been  used  for  the  fabrication 
of  microenzyme  sensors  for  flow-injection  analysis  [13.  14],  Abe 
et  al.  [15]  used  a  similar  technique  for  the  preparation  of 
microsensors  for  the  intracellular  monitoring 'of  glucose  levels. 
The  work  of  these  researchers  demonstrated  the  feasibility  of 
this  technique  for  the  fabrication  of  micro-biosensors. 

In  this  article,  wc  use  a  technique  similar  to  that  proposed  by 
Ikariyama  ct  al,  [1 1]  for  the  fabrication  of  needle-type  sensors. 
The  ultimate  goal  in  developing  these  sensors  is  the  monitor¬ 
ing  of  glucose  levels  during  hemorrhagic  shock.  This  applica¬ 
tion  requires  a  diminished  response  to  common  physiological 


interferents  and  linearity  up  to  at  least  20  mM.  Nafion  coatings 
have  been  employed  in  order  to  accomplish  this. 


2,  Experimental 

2-1.  Reagents  and  Materials 

The  glucose  oxidase  (GOD,  EC.l.l  3.4,  activity  2^  EU  jng"' . 
from  Aspergillus  niger)  was  from  the  Sigma  Chemical  Co.  (St. 
Louis,  MO),  and  used  without  further  purification.  The  sodium 
hcxacliloroplatinate(iv)  hexahydrate  and  Icad(n)  acetate  trihy¬ 
drate  were  from  the  Aldrich  Chemical  Co..  Inc.  (Milwaukee. 
WI),  and  used  as  obtained.  Platinum  wires  of  0.127  mm 
diameter  were  obtained  from  the  Aldrich  Chemical  Co.,  Inc. 
(Milwaukee,  WI).  Stainless  steel  18  gauge  needles  (outer  diameter 
1.27  mm)  manufactured  by  Becton  Dickinson  Standard  &  Co, 
(Rutherford.  NJ)  were  used.  The  Nafion  perfluorinated  ionomer 
was  obtained  from  Aldrich  as  5wt.%  solution  and  used  after 
dilution  to  0,5%  using  equal  amounts  of  2-propanoI  ^d 
distilled  water.  Anhydrous  o-glucose  (Baker  Anal>^ed,  Phillips- 
burg.  NJ)  was  used  as  a  stock  solution  (20  g/L)  in  phosphate 
buffer,  prepared  at  least  one  day  before  measurements  for 
mutarotation.  The  interferents  used:  4-acetamidophenol  (acet¬ 
aminophen;  APAP;  iV-acetyl-p-aminophenol),  uric  acid  (2,6,8- 
trioxypurine),  t-ascorbic  acid,  and  glycine  were  from  the  Sigma 
Chemical  Co.  (St.  Louis,  MO),  Urea  was  obtained  from  Fisher 
Scientific  Co.  (Fair  Lawn,  NJ).  All  other  reagents  used  were  of 
analytical  grade. 

2,2.  Sensor  Preparation 

The  stainless  steel  needle  was  cut  at  both  ends  to  remove  the 
plastic  cap  and  the  pointed  end,  and  the  ends  were  smoothed 
using  files  and  fine  sandpaper.  The  needle  was  cleaned  in 
concentrated  nitric  acid,  washed  with  distilled  water,  and  dried , 
A  platinum  wire  was  cleaned  in  concentrated  nitric  acid  and 
treated  in  a  propane  flame  to  form  a  smooth  shape  or  a  bulb  at 
one  of  the  ends.  The  platinum  wire  was  insulated  by  dipping  in 
Silastic  up  to  2  mm  below  the  bulb  end. 

The  platinization  and  electrophoretic  incorporation  of  the 
enzyme  particles  was  carried  out  in  a  solution  containing  33  mg 
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3.1.  Sensor’s  Response  to  Glucose 

Calibration  plots  of  the  needle  sensors  with  GOD  immobi¬ 
lized  by  entrapment  in  a  platinum  black  matrix  are  shown  in 
Figure  3a.  A  nonlinear  dependence  of  the  steady-state  current 
on  the  glucose  concentration  is  observed.  The  sensor  rignal 
to  saturation  at  a  ^ucose.  concentration  greats  than 
tiOmM.  A  linear  d^icndcncc  of  the  sensor  response  on  the 


10  20  30  40  50  60  70  80 

GULICOSE  CONCENTRATION.  mM 


1  ^ 


SENsmymr.jjA/rnM 


1.01 - 

- \ 

c 

0.8  - 


Fig.  3,  Dependence  of  the  biosensor  amperometric  response  on  the 
glucose  concentration  for  uncoated  (curves  1)  and  Nafion  coated  electrizes 
(curves  2):  a)  calibration  plots  of  the  biosensor  in  glucose  buffer  solution; 
b)  Eadie-Hofstee  plot  of  the  data  from  a);  and  c)  protocols  of  the 
biosensors  response  to  consecutive  additions  of  glucose  (the  points  at 
which  the  glucose  is  added  are  shown  by  arrows). 


glucose  concentration  is  observed  when  the  enzyme  electrode  is 
coated  vrith  Nafion  (curve  2):  The  sensor  signal  is  linearly 
proportional  to  the  substrate  concentration  up  to  33  mM  glucose 
with  a  sensitivity  (slope  of  the  linear  portion)  of  0.0^/iA/mM. 

The  signal  then  tends  to  a  plateau  vdth  a  saturated  signal  value 
approximately  three  times  less  than  that  of  the  uncoated  sensor. 

Eadic-Hofstcc  plots  of  the  data  from  the  t^bration  plots 
(Fig.  3b)  can  be  used  as  a  tool  in  the  <hagnoris  of  diffurional 
limitations.  The  unooated  sensor  diows  a  typeal  linear  dcpcod- 
ence  using  the  Eadie—Hofsted  coordinates  (curvcT)  correspond-  “ 
ing  to  the  Michaclis-Mentcn  kinetics  of  the  enzymatic  reaction, 
which  are  the  rate  limiting  factor  in  this  case 

l\pA]  ==  4.28  ±  0,02(^]  -  17J26  ±  0.04(mM] 

X  //C[^/mM]  (1) 

The  external  diffusional  limitations  prodded  by  the  Nafion 
layer  affect  the  Eadie-Hofstee  plot  and  the  curve  borom^  a 
vertical  line  parallel  to  the  current  axis  (curve  2).The  difiution- 
limited  operation  of  the  sensor  response  is  also  confirmed  in 
the  calibration  tests  performed  vdth  different  agitations  in  the 
measuring  cell  -  there  is  no  difference  in  the  sensor  response 
when  the  stirring  speed  is  varied  from  100  to  about  600  rpm. 

The  response  time  (estimated  as  the  time  to  reach  95  %  of  ^e 
steady-state  value  of  the  current  signal)  is  al^  affected  by  using 
a  Nafion  coating.  Figure  3c  presents  typical  protocols  of  the 
current  transients  for  the  two  sensors  during  the  calibration  test 
It  can  be  seen  that  the  response  time  of  each  does  not  d^nd  on 
the  concentration,  being  a  function  of  the  concentration  step- 

diange  only.  The  response  time  (for  a  concentration  stq>-diange 

of  2mM)  for  the  sensor  without  a  coating  is  less  th^  20  s;  and 
for  the  sensor  with  a  Nafion  coating  it  is  1  min.  At  the  falsest 
^ucose  concentrations,  for  the  sensor  vdthout  a  coating,  the 
response  time  increases  with  incrcaang  concentration  of  glucose, 
while  for  the  Nafion  coated  sensors  it  remains  indq>^ait  of 
the  concentration. 

It  should  be  noted  that  the  concentration  of  the  gjuoose 
during  these  tests  changes  stepwise,  as  opposed  to  the  gradual 
<^ncentratioa  changes  in  the  physiolopcal  processes.  The 
^ults  show  that  the  sensors  are  able  to  respond  to  the  varjmg 
glucose  concentrations  vdth  an  acceptable  re^nse  time 
(approximately  1  min).  It  can  be  seen  that  the  use  of  N^on 
coatings  on  the  electrode  vdth  GOD  entrapped  in‘a  platinum 
black  matrix  has  the  advantage  of  increasing  the  linearity  of  the 
sensor  response  over  the  concentration  range  of  phyaolo^cd 
interest,  with  an  increase  of  the  sensor  response  time,  that  is 
acceptable  from  a  practical  point  of  view.  Sensors  prepared  using 
this  technique  show  reprodudble  current  values  (sensitivity),  a 
linear  range,  and  a  response  time  within  10  %. 

Table  1  shows  the  effect  of  additions  of  carbohydrates  and 
other  common  interferents.  Examining  the  data  for  the.uncoated 
sensor,  it  can  be  seen  that  the  response  to  carbohydrates  (other 
than  glucose)  is  negligible  vdth  respect  to  the  sensor  response  to 
the  same  concentration  of  glucose.  This  indicates  that  the  sensor 
signal  is  due  to  the  oxidation  of  glucose  by  GOD  and  not  the 
electrochemical  oxidation  of  glucose  on  the  platinum  electrode 
surface.  The  fact  that  the  sensor  response  to  these  carbohydrates 
is  above  zero  may  be  explained  by  the  activity  of  the  platini^d 
platinum  electrode  during  the  reaction  of  direct  electrooxidation 
of  the  carbohydrates  [17].  Due  to  this  activity,  the  uncoated 
^  sensQr  demonstrates  a  significant  amperometric  response  to 
^  common  interferents.  For  example,  the  signal  due  to  direct 
electrooxidation  of  uric  acid  (0.33  mM)  is  2.1  times  higher  than 
the  response  to  4.4  mM  glucose  (concentration  within  the  normo- 
glyceamic  range).  Nafion  coated  sensors,  on  the  other  hand. 
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Table  1.  Response  of  uncoated  and  Nafion-coated  sensors  to  carbo¬ 
hydrates  and  other  common  inlerfcrcnts. 


Stdjstance 

Concentration 

(mM] 

Setvtor  response 

Vneoated  Nafion-coated 

[nA]  .  [nAJ 

Glucose 

4.4  • 

*  465 

105 

Sucrose 

4.4 

8 

<L 

Fructose 

4.4 

6 

<l 

Lactose 

4.4 

2 

<l 

Glycine 

0.5 

35 

21 

Urea 

8.5 

25 

17 

Ascorbic  add 

0.125 

28 

14 

Acetaminophen 

0,13 

420 

172 

Uric  add 

0.33 

981 

352 

Table  2. 
serum. 

Sensor  response  to  glucose 

in  buffer  solution  and  in  bovine 

Glucose 

Sensor  response  in: 

concentration - 

[mM ]  Buffer  solution 

before  serum  test 
[nAJ 

Bovine  .serum 
[nAJ 

Buffer  solution 
after  serum  test 
[nAJ 

4.4 

63 

92 

104 

6.6 

94 

122 

127 

8.4 

137 

157 

155 

10.2 

186 

187 

188 

12,1 

201 

205 

205 

15.6 

230 

213 

223 

eliminated  the  sensor  response  to  the  other  tested  carbohydrates 
(sucrose^  fructose,  and  lactose).  The  sensor  signal  in  response  to 
other  common  intcrfeients  was  also  reduced  by  at  least  50  %. 

Table  2  shows  the  cvaltiation  of  the  sensor  performance  in 
serum  and  in  buffer  solution  before  and  after  the  serum  test. 
Comparing  the  sensor  response  in  buffer  solution  before  the 
serum  test  with  that  during  the  serum  test,  it  can  be  seen  that 
the  values  of  the  sensor  response  to  a  glucose  concentration 
from  10  to  12  mM  in  both  measurements  coincide  (within  2  %). 
At  higher  glucose  concentrations,  the  signal  in  serum  is  lower 
than  that  obtained  in  buffer  solution,  but  with  an  acceptable 
deviation  of  7  %.  A  higher  response  of  the  sensor  is  observed  for 
glucose  levels  in  serum  within  the  range  4.4-8.4mM.  The  values 
of  the  sensor  response  obtained  in  buffer  after  the  serum  test 
practically  coincide  with  those  obtained  in  serum. 


4.  Conclusions 

A  needle-type  glucose  biosensor  has  been  developed.  Fabri¬ 
cation  of  the  sensor  is  based  on  the  deposition  of  GOD  in  a 
platinum  black  matrix.  The  sensor  has  a  large  linear  range  and  a 
fast  response.  A  Nafion  coating  diminished  the  sensor  response 
.  to  common  interferents  by  at  least  50  %.  The  sensors  were 
operated  for  several  weeks,  being  stored  at  4®C  between 
measurements.  They  operated  well  in  serum,  showing  dose 
correlation  with  the  response  in  buffer  solution. 

This  article  presents  the  initial  in  vitro  evaluation  of  the 
sensor  performance.  Experiments  for  the  evaluation  of  the  sensor 
performance  in  whole  blood  are  currently  in  progress.  Future 
in  vivo  experiments  will  focus  on  the  intravenous  monitoring  of 
blood  glucose  levels  during  intentionally  initiated  hemorrhagic 
shock  in  rats. 
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Abstract 

A  needle  type  glucose  biosensor  has  been  developed  for  monitoring  glucose  levels  during  the  hemorrhagic  shod:  in 
trauma  patients.  The  sensor  employs  polyurethane,  cellulose  acetate  or  PVC  layers  as  an  outer  glucose  diffusion  and 
protective  membrane,  and  glucose  oxidase  enzyme  entrapped  in  poly(l3-phenylenediamine)  film.  Sensor  performance  was 
evaluated  in  vitro  and  the  sensor  shows  a  sensitivity  of  up  to  35  nA/mM  and  a  linear  range  of  up  to  38  mM.  Evaluation  of 
the  sensor  re^nse  in  serum  showed  similar  sensitiyi^  and  linear  range  as  obtained  udng  calibratioa  curves  in  buffer 
solution.  The  sensor  has  a  short  response  time  of  23  s.  The  sensors  were  operated  continuously  for  14  days  in  phoq>hafe 
buffer  solution,  and  no  significant  change  in  the  sensitivity  and  the  linear  range  was  observed  during  the  fust  5  days.  Sensors 
show  a  minimum  diange  in  their  performance  when  stored  inactive  in  bufier  at  4*C  for  at  least  eight  weeks. 

Keywords:  Biosensors;  Glucose;  Pheaylenediamine;  Polymer  coatings 


L  latroductioa 

The  importance  of  biosensors  has  increased  con¬ 
siderably  during  the  past  decade,  as  they  combine  the 
specificity  of  biological  systems  with  the  advantages 
of  electrochemical  transduction  (ll  Glucose  biosen¬ 
sors  have  received  much  attention  because  of  their 
many  applications  in  clinical  chemistry,  biotechnol¬ 
ogy  and  the  food  industry.  The  research  efforts  have 
in  particular  been  directed  towards  the  development 
of  an  amperometric  sensor  for  glucose,  due  to  the 
importance  of  glucose  for  diabetic  patients  [2],  Suc¬ 
cess  in  this  research  has  reached  the  level  of  short 
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term  human  implantation  [3].  Another  possible  appli¬ 
cation  of  glucose  sensors  is  in  the  management  of 
hemorrhagic  shock  [4].  The  importance  here  lies  in 
increasing  the  survival  rate  of  injured  patients  at  risk 
of  hemorrhagic  shock,  while  they  are  being  trans¬ 
ported  to  a  hospital.  Unlike  diabetes,  hemorrhagic 
shock  requires  direct  intravascular  implantation  of 
these  sensors,  and  the  monitoring  of  glucose  levels 
for  short  periods  of  time  (up  to  several  hours). 

An  important  step  in  the  fabrication  of  glucose 
biosensors  is  the  immobilization  of  glucose  oxidase 
(GOD)  enzyme,  and  various  methods  have  been  used 
for  this  process.  These  methods  include  cross-linking 
with  glutaraldehyde,  chemical  immobilization  on 
carbon  carriers  [5],  entrapment  in  polymer  layers 
[6,7],  in  metal  matrices  [8,9]  or  electrochemically 
grown  polymer  films  on  the  electrode  surface  [10], 
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Elcctiopolymcrization  is  the  electrochemical  oxi¬ 
dation  of  a  monomer  from  a  solution  to  form  a 
conducting  or  non-conducting  polymer  on  the  elec¬ 
trode  surface.  Enzymes  can  be  used  in  the  solution 
and  incorporated  into  the  polymer.  This  approach  has 
several  advantages.  First,  this  process  can  be  con¬ 
trolled  by  the  electrode  potential,  and  therefore  al¬ 
lows  control  of  the  polymer  film  thickness  and  hence 
the  amount  of  entrapped  enzyme.  Second,  since  the 
polymerization  occurs  locally  at  the  electrode  sur¬ 
face,  it  can  be  used  to  confine  an  enzyme  precisely  at 
the  electrode  without  cross-immobilizing  it  on  a 
neighboring  electrode.  This  property  is  suitable  for 
the  fabrication  of  micro-arrays.  Third,  it  is  possible 
to  use  this  technique  to  build  multilayer  structures, 
either  one  or  more  enzymes  layered  within  a  single 
polymer,  or  one  enzyme  within  a  multilayered 
copolymer  (10]. 

Foulds  and  Lowe  [11]  and  Umana  and  Waller  [12] 
were  the  first  to  demonstrate  the  possibility  of  em¬ 
ploying  GOD  entrapped  in  poly(pyrrole)  in  the  fabri¬ 
cation  of  amperometric  glucose  sensors.  Since  then, 
much  research  effort  has  been  directed  towards  the 
development  of  glucose  sensors  employing  this  con¬ 
cept  [13].  Other  approaches  in  fabrication  of  pyrrole 
sensors  besides  physical  entrapment  of  GOD  have 
been  employed.  For  example,  covalent  electropoly¬ 
merization  of  GOD  to  pyrrole  by  modifying  different 
side  chains  on  the  enzyme  has  been  reported  [14]. 
llie  modification  reactions  involved  carbodiimide 
coupling  or  Schiff  base  formation  [15].  Foulds  and 
Lowe  demonstrated  the  possible  use  of  covalently 
attached  ferrocenes  to  pyrrole  monomers  as  a  step 
towards  the  fabrication  of  *^reagcntless”  mediated 
sensors  [16],  There  have  been  other  reports  on  incor¬ 
porating  mediators  in  pyrrole  films  as  anionic  counter 
ions  [17,18]. 

The  fact  that  some  conducting  polymer  films 
become  non-conducting  in  the  presence  of  enzymati¬ 
cally  produced  H2O2  has  prompted  investigators  to 
use  non-conducting  polymers  to  immobilize  enzymes 
[10],  First,  the  polymer  growth  is  self  limiting,  thus 
producing  thin  polymer  films  resulting  in  a  short 
sensor  response  time.  The  thin  film  also  allows  a 
higher  enzyme  content  leading  to  larger  sensor  re¬ 
sponse  and  a  high  sensitivity.  It  has  been  reported 
that  non-conducting  polymers  also  have  a  character¬ 
istic  permselectivity  that  greatly  decreases  the  effect 


of  common  physiological  interferents  on  the  sensor 
re^nse  [19].  The  literature  includes  reports  on  the 
use  of  non-conducting  polymers,  sudi  as  poly(phc-  . 
not)  [20-22]  and  poly(indole)  [23],  and  poly  (phenyl-  \ 
enediamines)  [24,25,19,26-29]  in  the  fabrication  of 
glucose  biosensors. 

A  non-conducting  polymer  that  has  been  the  focus 
of  much  research  is  1,2-phcnylenediamine,  Ya- 
cynych  et  al.  [24]  were  the  first  to  demonstrate  that 
the  oxidation  of  1,2-phcnylencdiaminc  was  irre¬ 
versible,  resulting  in  the  formation  of  an  insulating 
polymer  film  completely  covering  the  electrode  sur¬ 
face.  After  the  concept  of  entrapping  GOD  in  these 
non-conducting  polymer  films  had  been  demon¬ 
strated,  numerous  studies  have  appeared  applying 
this  in  the  fabrication  of  glucose  sensors  [19,26-29]. 

Sasso  ct  al.  [19]  proposed  a  glucose  sensor  having 
a  platinized  reticulated  vitreous  caibon  electrode  with 
GOD  entrapped  in  a  poly(l,2-phenylenediamine) 
film.  Malitesta  et  al,  [26]  constructed  a  glucose  sen¬ 
sor,  employing  the  same  principal,  but  using  plat¬ 
inum  electrodes,  Wang  et  al  used  a  similar  construc¬ 
tion  but  with  an  additional  outer  lipid  layer  to  pro¬ 
vide  diminished  sensor  response  to  acetaminophen  (a 
common  physiological  interferant)  [27], 

PoIy(13-phenylenediamine)  has  also  been  em¬ 
ployed  in  the  construction  of  glucose  sensors.  Geise 
et  al.  [28]  have  demonstrated  the  use  of  l,l'-dimeth- 
ylferrocene  as  a  mediator  cntxzppcd  with  GOD  in  a 
poly(13-plt^ttyict^^diamine)  film.  Yacynych  ct  al. 

[29]  have  also  used  poly(13-phenylen^iamine)  for 
the  fabrication  of  miniaturized  glucose  sensors. 

In  this  paper,  we  have  employed  1,3-phenylendi- 
amine  in  the  development  of  a  needle-type  glucose 
sensor.  The  ultimate  goal  in  the  development  of  this 
sensor  is  to  use  it  in  intravascular  monitoring  of 
glucose  levels  during  hemorrhagic  shock.  Outer  coat¬ 
ings  of  polyurethane,  polyvinylchloride  and  cellulose 
acetate  have  been  employed  to  extend  the  linear 
range  of  the  sensor.  Sensor  response  has  been  evalu¬ 
ated  in  scrum  and  at  37®C. 

2.  Experimental 

2.L  Reagents  and  materials 

Glucose  Oxidase  (GOD,  E.C.l.  1.3.4^  activity  250 
EU  mg"\  from  Aspergillus  Niger)  was  from  Sigma 
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(St.  Lxjuis,  MO),  and  used  without  further  purifica¬ 
tion.  The  1,3-phenylenedianiine  (also  known  as  1,3- 
diaminobenzene)  monomer  and  platinum  wires  of 
0.25  nun  diameters  were  obtained  from  Aldridi 
(Milwaukee,  WI).  Stainless  steel  18  gauge  ivMles 
(outer  diameter  1,27  mm)  manufrctured  by  Becton 
Dickinson  (Rutherford,  NJ)  were  used.  The  Nafion* 
perfluorinat^  ionomer  was  obtained  from  Aldrich  as 
5  wt%  solution  and  used  after  dilution  to  05%  using 
equal  amounts  of  2-prapanol  and  distilled  water. 
D-Glucose,  anhydrous  (Baker  Analyzed,  Phillips- 
burg,  NI)  was  used  as  a  stock  solution  (20  g/1)  in 
phosphate  buffer,  prepared  at  least  one  day  before 
measurements  for  mutarotation.  The  interferents 
used:  4-aoetamidopbenoI  (acetaminophen;  APAP; 
Af-acetyl-p-amlnophenol),  uric  acid  (2,6,8-tri- 
ox3rpurine),  L-ascoibic  acid,  and  glycine  were  from 
Sigma.  Urea  was  obtained  from  Fisher  (Fair  Uwn, 
NJ).  The  polymer  coatings  were:  cellulose  acetate 
from  Eastman  Kodak  (Rochester,  NY),  polyurethane 
SG80A  from  Thermedics  (Woburn,  MA)  and 
polyvinylchloride  140  X  31  from  BF  Goodrich  (Avon 
Lake,  OH).  All  other  reagents  used  were  of  analyti¬ 
cal  grade. 

2.2.  Sensor  preparation 

A  stainless  steel  needle  (18  gauge)  was  cut  at  both 
ends  to  remove  tire  plastic  cap  and  die  pointed  end, 
and  the  ends  were  smoothed  using  fties  and  fine  sand 
paper.  The  neetQe  was  cleaned  in  concentrated  nitric 
acid,  w^hed  with  distilled  water  and  dried.  A  plat¬ 
inum  wire  was  cleaned  in  concentrated  nitric  acid 
and  treated  in  a  propane  flame  to  form  a  smooth 
shape  or  a  bulb  at  one  of  the  ends.  The  schematic  of 
the  prepared  sensor  is  shown  in  Fig.  1.  The  platinum 
wire  (1),  except  the  bulb  end,  was  insulated  by 
dipping  ill  silastic  (2).  The  insulated  platinum  wire 
was  then  inserted  into  the  body  of  the  needle  (3)  and 
affixed  with  cyanoacrylate  glue.  Before  the  elec¬ 
tropolymerization  process,  the  platinum  wire  was 
electrochemically  treated  by  cycling  between  -1.0 
and  -1-2.0  V  versus  a  silver/silver  chloride  reference 
electrode  for  1  h. 

The  elei^opolymerization  of  U-phenylenedia- 
mine  and  the  incorporation  of  the  enzyme  particles 
was  carried  in  a  solution  containing  3-5  mg  of 
1,3-phenylenediamine,  20  mg  of  glucose  oxidase  and 


Rg.  1.  Schematic  cross-section  of  the  needle  glucose  biosenson 
tl)  platmum  wire  wotking  electrode  (anode);  (2)  Insulation  of  the 
working  electrode;  (3)  stainless  steel  needle  counter  electrode 
(^thode)  and  sensor  body,  (4)  cnzynie  inooqiorated  m  poiy(13- 
pbcnylenediamine)  fflm;  (5)  external  polymer  coating. 


20  mg  of  enzyme  immobilized  on  ULTl  carbon 
powder  in  9  ml  of  phosphate  buffer  solution  (pH  7  4) 
together  with  1  ml  of  Nafion  solution.  This  prepara¬ 
tion  process  was  performed  potentiostatically  at 
-1-0.65  V  versus  a  silver/silver  chloride  reference 
electrode  for  15  min.  Another  layer  of  poly(13- 
phenylenediamine)  was  grown  over  the  sensor  from 
a  solution  containing  5  mg  of  U-phenylenediamine 
for  10  min.  The  sensor  was  washed  thoroughly  in  a 
Stirred  buffer  solution  overnight, 

A  variety  of  different  polymer  coatings  were  cm- 
ployed  in  order  to  attempt  to  extend  the  linear  range 
of  the  prepared  sensors.  Different  concentrations  of 
polyurethane,  polyvinylchloride  (PVC),  and  cellulose 
acetate  coating  solutions  were  investigated.  The 
polymer  coatings  were  obtained  by  dipping  the  face 
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of  the  sensor  in  die  polymer  solution  for  20  s.  The 
sensor  was  then  held  vertically  and  dried  in  air.  In 
the  case  of  the  cellulose  acetate  coatings  the  sensors 
were  dried  for  3  h,  while  polyurethane  and  PVC 
coated  sensors  were  dried  for  1  h.  The  sensor  was 
dien  left  to  soak  overnight  in  a  phosphate  buffer 
solution. 

23.  Apparatus  and  procedure 

The  needle  sensors  were  tested  in  vitro  in  a 
magnetically  stined,  thermostated '  measuring  cell 
(volume  50  ml).  A  two  electrode  circuit  was  uwd, 
the  platinum  wire  as  a  working  electrode  polarbjed 
as  an  anode,  and  the  stainless  steel  needle  body  as 
both  reference  and  counter  electrodes,  polarized  as  a 
cathode.  The  potential  was  maintained  by  a  potentio- 
stat  (BAS  CV-IB,  Bioanalytical  Systems,  West 
Lafayette,  IN).  The  amperometric  signals  were 
recorded  on  Omnigraphic  100  recorders  (Houston 
Instmments,  Austin,  TX).  The  supporting  electrolyte 
was  0.1  M  phosphate  buffer  solution,  pH  7.4  con¬ 
taining  0.1  M  KQ.  Between  measurements  the  sen¬ 
sors  were  stored  soaked  in  phosphate  buffer  (pH  7.4) 
in  dosed  vessels  at  4"’C  Before  measurements  the 
sensors  were  polarized  for  at  least  10  min  at  the 
working  potential  to  establish  the  background  cur¬ 
rent 

Hydrodynamic  voltammograms  were  obtained  by 
manually  varying  the  potential  of  the  platinum  elec¬ 
trode  versus  the  stainless  steel  electrode  from  -t-0.3 
V  to  +0.9  V  in  0.05  V  steps  and  recording  the 
steady-state  value  of  the  anodic  current.  During  the 
experiments  the  electrolyte  solution  in  the  measuring 
cell  (volume  25  ml)  was  continuously  stirred  by  a 
magnetic  stirrer. 

Calibration  curves  -the  dependence  of  the  steady 
state  anodic  current  on  glucose  concentration  -were 
obtained  when  the  glucose  concentration  was  varied 
by  consecutive  additions  of  glucose  from  stock  solu¬ 
tion  to  the  measuring  cell  in  2.2  mM  concentration 
increments.  The  calibration  curves  were  obtained 
with  the  sensor  operating  being  thermostated  at  25  or 

yrc. 

The  sensor  response  to  interfering  substances  was 
tested  by  additions  of  five  common  physiological 
interferents.  Stock  solutions  of  10  mM  glycine,  5 
mM  urea,  6  mM  ascorbic  acid,  20  mM  ac¬ 


etaminophen  and  15  mM  uric  acid  were  used.  Aliquot 
amounts  of  these  solutions  were  injerted  into  the 
measuring  cell  to  g^e  the  normal  phyaolop^  lev-  ^ 
els  in  human  plasma  of  these  substances,  which  are: 

0.125  mM  for  ascorbic  add,  033  mM  for  uric  add, 

03  mM  for  urea,  03  mM  for  glycine  and  0.13  mM 
for  acetaminophen  (30]. 

Calibration  curves  in  blood  plasma  were  obtained 
using  plasma  samples  prepared  from  heparinized 
fresh  bovine  blood  by  centrifugal  separation.  Glu¬ 
cose  levels  in  these  samples  are  measured  by  routine 
clinical  methods  (Beckmann  Glucose  Analyzer)  and 
then  varied  by  addition  of  small  volumes  of  glucose 
from  stock  solution  to  the  measuring  cell  to  avoid 
plasma  dilution. 

Reproducibility  of  the  sensor  response  was  tested 
by  recording  the  current  signal  to  altematingly  vary¬ 
ing  glucose  concentrations  between  2.8  mM  (50 
mg/dl)  to  5.6  mM  (100  mg/di),  and  between  5.6 
mM  (100  mg/dl)  to  11.1  mM  (200  mg/dl). 

The  glucose  concentration  profile  during  hemor¬ 
rhagic  shock  [311  was  simulat^  in  vitro  by  varying 
the  concentration  of  ^ucose  in  phosphate  buffer 
solution  by  step  changes  from  5.6  mM  (100  mg/dl) 
to  16.7  mM  (300  mg/dl)  and  then,  after  20  min 
from  16.7  mM  (300  mg/dl)  to  1.7  mM  (30  mg/dl). 
During  these  experiments  the  transient  amperometric 
response  of  the  sensor  were  continuously  recorded. 


3.  Results  and  discussion 

Steady-state  (hydrodynamic)  voltammograms 
were  obtained  in  order  to  estimate  a  working  poten¬ 
tial  for  the  prepared  needle  sensors.  Fig.  2a  shows 
typical  hydrodynamic  voltammograms  of  a  needle 
sensor  in  the  presence  (4.4  mM,  curve  1)  and  the 
absence  (curve  2)  of  glucose  in  the  cell.  In  glucose 
solutions  a  significant  increase  of  the  anodic  current 
at  potentials  more  positive  than  +0.35  V  occurs. 
This  anodic  current  did  not  reach  an  observable 
plateau  due  to  the  increase  of  the  background  current 
at  higher  potentials.  The  difference  between  the  an¬ 
odic  current  in  glucose  solutions  and  the  background 
current  (sensor  response)  is  plotted  against  the  ap¬ 
plied  potential  (shown  in  Fig.  2b).  It  is  clear  that  a 
plateau  is  reached  at  potentials  more  anodic  than 
+  0.7  V,  forming  the  range  of  diffusion  limited 
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Fig.  2.  Hydrodynamic  voltammograms  of  the  needle-type  biosen¬ 
sor  (platinum  electrode  vs.  stainless  steel  needle):  (a)  in  4.4  mM 
glucose  solution  (curve  1)  and  the  background  curve  in  blank 
phosphate  buffer  (curve  2);  (b)  resulting  dependenoe  of  the  sensor 
response  vs.  applied  potential  (subtraction  of  curve  2  from  curve 
1). 


electrooxidatioQ  of  hydrogen  peroxide*  A  working 
potential  of  +0,7  V  was  chosen,  and  all  sensors 
were  operated  polarized  at  this  potential. 


3-L  Sensors  response  to  glucose 

The  method  of  calibration  curves  was  chosen  to 
evaluate  sensor  performance.  Calibration  curves  were 
obtained  for  both  uncoated  and  polymer  coated  sen¬ 
sors.  Analysis  of  the  calibration  curves  of  the  sensors 
having  no  external  polymer  layer  show  a  non-linear 
dependence  of  the  response  to  glucose  conceatradon 
over  the  whole  range  from  2.2  mM  to  40  mM. 
Linearization  of  this  response  was  obtained  by  plot¬ 
ting  the  data  in  semi-redproach  coordinates.  For 
example,  the  non-coated  sensors  show  a  typical  lin¬ 
ear  dependence  in  the  Eadie-Hofstee  coordinates 
(current  vs.  current  to  concentration  rado).  From  the 
lineaiizadon  of  the  calibration  curves  in  semi-re- 
ciproach  coordinates,  it  can  be  concluded  that 
Michaelis-Menten  kinedcs  of  the  enzymadc  reacdon 
is  the  rate-limiting  factor  in  this  case.  This  shows 
that  the  poly(l,3-phenylenediamine)  matrix  itself 
does  not  provide  diffusion  limitations  to  the  glucose 
flux.  The  immobilized  enzyme  in  the  prqmed  nee¬ 
dle  sensors  show  an  average  ^  of  9325  mM 
±  1383  mM  (standard  deviation). 

One  aspect  of  using  the  13-phenylenediamine  as 
an  entrapping  matrix  is  the  difficulty  of  obtaining  a 
linear  response  in  the  hyperglycemic  range  (above 


Tabkl 

Polymer  coatings  and  their  effect  on  the  linearity,  sensitivity  and  response  time  of  the  prepared  sensors 


Coating 

Cellulose  acetate 


Polyurethane 


Polyvinylchloride 


Concentration  (mg  %) 

""oi 

1 

5 

7.5 

10 

15 

QS 


Linearity  (mM) 


Sensitivity  (nA/mM) 


Response  time  (s) 


2.2 

103 

69 

2.2 

5.4 

69 

iU 

3.2 

120 

17.7 

23 

120 

26.6 
«.  • 

1.6 

183 

2.2 

34.7 

19 

'T8.9 

-2:2  •• 

"  '  13.9  . . .  “ 

22 

133 

4.1 

22 

17.7 

Z2 

24 

31.1 

.  1,4 

24 

Z2 

23.8 

32 

Z2 

17.6 

32 

8.8 

12,2 

34 

17.7 

Z7 

35 

37.7 

1.8 

35 

No  response. 
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10  mM).  During  monitoring  of  glucose  levels  in 
hemorrhagic  shock,  glucose  levels  may  rise  to  hyper¬ 
glycemic  levels,  up  to  20  mM  (31].  TTie  s^plication 
of  additional  (external)  diffusion  limiting  membranes 
as  polymer  coatings  is  shown  to  be  a  way  to  obtain  a 
linear  dq)endcnce  of  the  sensor  signal  versus  analyte 
concentration. 

Table  1  shows  a  summary  of  the  sensors  charac¬ 
teristics  obtained  with  sensors  employing  three  dif¬ 
ferent  polymer  coatings,  namely;  cellulose  acetate 
(CA),  polyurethane  (PU)  and  polyvinylchloride 
(PVC).  The  table  presents  a  variety  of  concentrations 
of  the  polymer  coating  solutions  and  the  resulting 
parameters  of  the  calibration  curves  of  the  sensors: 
linearity  (as  the  upper  limit  of  the  calibration  curve 
linear  range),  sensitivity  (slope  of  the  linear  portion 
of  the  calibration  curve)  and  response  time.  It  should 
be  noted  that  any  coated  sensors  showing  a  non-lin¬ 
ear  response  were  assumed  to  have  a  linear  range  of 
2.2  mM  as  the  linearity  below  this  range  was  not 
investigated.  It  can  be  seen  that  extended  linearity  is 
not  obtained  with  any  of  the  three  polymers  below  a 
polymer  coating  concentration  of  5%.  At  a  concen¬ 
tration  of  5%  of  PVC  and  CA  solutions  and  1%  of 
PU  solutions  a  linearity  of  up  to  8.9,  11.1  and  133 
mM  respectively  was  obtain^.  Increasing  the  poly¬ 
mer  coating  solution  concentrations  extends  the  lin¬ 
ear  range  of  the  sensor  response  further,  but  is 
accompanied  by  a  corresponding  decrease  in  the 
sensor  sensitivity.  This  can  be  explained  by  assum¬ 
ing  that  increasing  the  polymer  coating  concentration 
produces  a  thicker  or  less  porous  coating.  Increasing 
the  coating  thickness  or  decreasing  its  porosity  limits 
the  flux  of  glucose  and  thus  decreases  the  amount  of 
hydrogen  peroxide  produced,  reducing  the  response 
to  a  given  glucose  concentration. 

The  diffusion-limited  operation  of  the  sensor  re¬ 
sponse  is  also  confirmed  in  the  calibration  tests 
performed  with  different  agitations  in  the  measuring 
cell  -there  is  no  difference  in  the  sensor  response 
when  the  stirring  speed  is  varied  from  100  to  about 
600  rpm. 

Fig.  3  presents  an  example  set  of  the  calibration 
curves,  obtained  with  sensors  coated  with  a  PVC 
external  layer.  This  figure  illustrates  the  transition 
from  the  kinetically  controlled  calibration  curve  of 
the  uncoated  sensor  (curve  1)  to  the  diffusion  con¬ 
trolled  calibration  dependence  for  the  sensor  coated 


Fig.  3.  Calibration  curves  of  the  needle  glucose  sensors  with  PVC 
external  polymer  coating  formed  from  polymer  solutions  with 
difrerent  concentrations.  (1)  Non>coatcd  sensor  calibration  curve; 

(2)  calibration  curve  of  a  sensor  coated  from  a  5%  PVC  solution; 

(3)  calibration  curve  of  a  sensor  coated  from  a  7%  PVC  solution; 

(4)  calibration  curve  of  a  sensor  coated  from  a  10%  PVC  solution, 

with  PVC  (curves  2, 3  and  4).  It  can  be  seen  that  the 
uncoated  sensor  has  the  highest  sensitivity  of  30.6 
oA/mM,  and  no  linear  range  of  response  to  glucose. 
Increasing  the  concentration  of  the  PVC  solution  to 
10%  yields  a  linear  range  of  373  mM  and  decreases 
the  sensitivity  to  1.8  nA/mM.  Increasing  the  PVC 
coating  solution  concentration  also  results  in  a  corre¬ 
sponding  decrease  in  the  upper  limit  of  the  current 
response  of  the  sensor  to  high  glucose  concentra¬ 
tions. 

The  response  time  (defined  as  time  to  reach  95% 
of  the  steady-state  value  of  the  current  signal)  is  also 
affected  by  the  use  of  the  coatings.  Table  1  presents 
typical  response  times  obtained  for  sensors  with 
different  polymer  coatings  during  calibration  tests.  It 
was  noted  that  the  response  time  of  each  coating 
does  not  depend  on  the  concentration  when  the 
sensor  operates  within  its  linear  range.  The  response 
time  in  this  case  is  a  function  of  the  concentration 
step-change  only.  The  response  time  (for  the  concen¬ 
tration  step-change  of  2.2  mM)  for  the  sensor  with 
PVC  coating  is  34  s;  for  the  PU  coated  sensor  it  is 
23  s  and  for  the  CA  coated  sensor  3  min.  It  can  be 
seen  from  the  Table  that  inaeasing  the  concentration 
of  PU  or  PVC  coating  solutions  has  a  negligible 
effect  on  the  sensor  response  time.  While  in  the  case 
of  CA,  increasing  the  CA  coating  solution  concentra¬ 
tion  results  in  a  corresponding  increase  in  the  sensor 
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response  time.  At  the  highest  glucose  concentrations, 
when  kinetics  become  the  rate-limiting  factor,  the 
ic^nse  time  increases  with  increasiag  concentra¬ 
tion  of  glucose.  .  V. 

Since  the  ultimate  use  of  the  sensor  will  be  in 
intravenous  implantation,  the  sensor  operation  and 
response  were  evaluated  in  vitro  at  37*C  Fig.  4 
shows  calibration  curves  of  the  sensor  operation  at 
25  and  at  3T*C,  for  the  sensors  coated  wth  PVC 
(Rg.  4a),  CA  (Rg.  4b)  and  PU  (Hg.  4c).  It  can  be 
seen  from  this  figure  that  sensor  operation  at  37®C 
results  in  a  decrease  in  the  linear  range  of  the 
calibration  curves  of  the  sensors  coated  with  the 
three  different  polymer  coatings.  In  Fig.  4a,  the 
linearity  of  the  PVC  coated  sensors  decreases  from 
37.7  mM  at  25®C  (curve  1)  to  22.2  mM  at  3TC 
(curve  2).  Hg.  4b  shows  that  the  linearity  of  the  CA 
coated  sensors  decreases  from  28.9  mM  (curve  1)  to 

15.6  mM  (curve  2),  and  the  PU  coated  sensors  show 
a  decrease  in  linearity  from  31.1  mM  (curve  1)  to  20 
mM  (curve  2).  This  could  be  explained  the  increased 
enzyme  activity  at  the  elevated  temperature  as  well 
as  Ac  widening  of  the  polymer  coating  pores  (thus 
inaeasing  the  glucose  flux). 

The  reproducibility  of  the  ^nsor  response  was 
tested  by  varying  the  glucose  concentration  in  the 
measuring  cell  alternately  between  2.8  and  5.6  mM 
with  concentration  step^anges  of  2.8  mM,  and 
between  5.6  and  11.1  mM  with  step  changes  of  5.6 
mM.  The  sensors  monitored  the  glucose  level  in  the 
cell  for  two  hours  in  between  the  concentration 
changes.  Continuous  testing  for  more  than  five  days 
was  performed,  the  sensors  being  left  overnight  oper¬ 
ating  at  lowest  glucose  concentrations.  It  was  found 
that  for  every  level  of  glucose  concentration,  the 
sensor  response  attained  the  same  amperometric  sig¬ 
nal  value  within  an  acceptable  ±5%  error.  PVC 
coated  sensors  showed  a  response  time  of  56  s  for  a 
concentration  step-change  of  5.6  mM,  and  38  s  for  a 
concentration  step  change  of  2,6  mM.  There  is  no 
observable  difference  between  the  response  times  for 
increasing  and  decreasing  concentrations. 

The  glucose  concentration  profile  during  hemor¬ 
rhagic  shock  was  simulated  by  a  concentration  step 
change  from  5,6  mM  (approximating  the  normal 
physiological  value)  to  16.7  mM,  and  after  30  min 
(the  compensatory  phase)  an  instant  decrease  from 

16.7  mM  to  1.7  mM  (the  decompensatory  phase). 


Fig.  4.  Calibration  curves  at  25^C  (curves  1)  and  at  3TC  (curves 
2)  of  sensors  coated  with  different  polymer  layers:  (a)  sensor 
coated  from  a  10%  PVC  solution;  (b)  sensor  coated  from  a  10% 
CA  solution;  (c)  sensor  coated  from  a  12%  PU  solution. 
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Fig.  5.  Protocol  of  the  ampcronictric  current  response  of  the 
needle  glucose  sensor  to  glucose  concentration  step  changes  in  the 
measuring  cell  simulating  glycaemia  profile  during  hemorrhagic 
shock. 


Typical  transients  of  the  sensor  current  response  to 
this  test  are  shown  in  Fig.  5.  The  PVC  coated 
sensors  reach  a  steady-state  value  in  1.73  min  during 
the  increasing  step,  and  in  5.1  min  during  the  de¬ 
creasing  step  of  the  test.  These  tests  were  performed 
six  times  during  continuous  operation  of  the  sensors 
for  one  week.  The  values  of  the  steady-state  ampero- 
metric  response  of  this  sensors  were  within  10%  of 
values  predicted  from  the  calibration  curves. 

It  should  be  noted  that  the  concentration  change 
during  this  tests  is  a  step  change,  as  opposed  to  the 
gradual  concentration  changes  in  the  physiological 
processes.  These  results  show  that  the  sensors  are 
able  to  respond  to  the  varying  glucose  concentrations 
in  an  acceptable  time  and  with  reproducible  current 
values.  It  can  be  seen  from  the  data  that  the  use  of 
PVC  coatings  has  an  advantage  in  increasing  the 
linear  range  while  preserving  the  response  time. 

5.2.  Interference  and  blood  plasma  tests 

Fig.  6a  shows  protocols  of  the  sensor  response  to 
the  consecutive  addition  of  urea,  glycine,  ac¬ 
etaminophen,  ascorbic  acid  and  uric  acid  to  the 
measuring  cell  in  concentrations  corresponding  to 
their  physiological  levels.  The  response  to  the  inter¬ 
fering  substances  in  the  presence  and  absence  of 
glucose  was  studied,  and  curve  1  shows  a  protocol 
obtained  when  the  sensor  monitors  6.6  mM  glucose. 
After  the  addition  of  the  interferents,  glucose  concen¬ 
tration  is  further  increased  in  2,2  mM  concentration 
increments.  Curve  2  of  Fig.  6a  presents  a  protocol  of 
the  sensor  recording  when  interferents  are  added  to 


die  measuring  ccU  followed  by  further  additions  of 
glucose  to  obtain  a  calibration  curve  in  interference 
solution.  Data  obtained  in  these  two  experiments  arc 
compared  with  the  sensor  calibration  curve  in  buffer 
in  Fig.  6b.  Fig.  6b  is  a  comparison  between  a 
calibration  curve  obtained  in  blank  phosphate  buffer 
(curve  1)  and  two  calibration  curves  obtained  in  the 
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Fig.  6.  PVC  coated  sensor  response  to  common  physiological 
interferents,  (a)  Protocol  of  the  sensor  response  to  addition  of 
urea,  glycine,  acetaminophen,  ascorbic  acid  and  uric  acid  to  the 
measuring  cell  containing  glucose  (curve  1).  Protocol  of  the 
sensor  response  to  additions  of  the  same  interferents  to  the 
measuring  cell  with  further  addition  of  glucose  (curve  2).  (b) 
Calibration  curves  of  the  sensor  from  (a)  in  absence  of  interferents 
(curve  1);  calibration  of  the  sensor  obtained  in  absence  of  the 
interferents  up  to  6.6  mM  followed  by  addition  of  urea,  glycine, 
acetaminophen,  ascorbic  acid  and  uric  acid  (according  to  (a), 
curve  1)  and  followed  by  further  additions  of  glucose  (curve  2); 
calibration  of  the  sensor  obtained  in  the  presence  of  above  inter- 
forents  (curve  3). 
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presence  of  interferents  (ciuves  2  and  3X  One  cali¬ 
bration  curve  (curve  2)  bbtained  by  addition  of  five 
common  physiologicai  interferents  (urea,  glycine^  ac¬ 
etaminophen,  ascorbic  acid  and  uric  add),  one  after 
the  other,  followed  by  further  additions  of  glucose. 
The  second  interference  calibration  curve  (curve  3) 
is  obtained  by  adding  glucose  in  2.2  mM  inaements 
up  to  6.6  mM  and  then  addition  of  the  interferents 
(listed  above)  followed  by  the  consecutive  addition 
of  glucose.  It  can  be  seen  that  the  total  effect  of  the 
five  interferents  on  the  current  signal  is  equivalent  to 
addition  of  a  2.7  mM  of  glucose.  No  sensor  response 
to  either  glycine  or  urea  is  noted  (Fig.  6a).  The 
sensor  response  to  ascorbic  and  uric  acid  is  30%  of 
the  sensor  response  to  a  2.2  mM  addition  of  glucose. 
Another  point  to  be  noted  is  that  addition  of  interfer¬ 
ents  did  not  change  the  slope  of  the  calibration 
curves,  thus  indicating  that  the  interferents  did  not 
affect  the  sensitivity  of  the  sensor.  The  diminished 
response  to  interferents  can  be  attributed  to  the 
permselectivity  characteristics  of  the  poly(13-phen- 
ylenediamine)  film  [19]  and  to  the  Nafion  negatively 
charged  ionomer  used  in  the  sensor  preparation. 

The  calibration  curve  in  bovine  serum  is  obtained 
by  a  procedure  similar  to  that  used  when  phosphate 
buffer  solution.  Fig.  7  presents  a  compartson  be¬ 
tween  the  calibration  curve  in  bovine  plasma  and 
two  calibration  curves  in  phosphate  buffer  solution 
(obtained  before  and  after  the  plasma  test)  for  a  PVC 


Fig.  7.  Calibration  curve  of  glucose  biosensor  with  a  PVC  coating 
in  phosphate  buffer  before  plasma  test  (curve  1),  calibration  curve 
of  the  sensor  in  bovine  blood  plasma  (curve  2)  and  in  phosphate 
buffer  obtained  after  plasma  test  (curve  3). 


coated  sensor.  The  calibration  curve  in  bovine  plasma 
starts  from  conoentiation  of  glucose  4.7  mM  (the 
actual  conoeotration  of  the  plasma)  to  avoid  dQution. ! 
The  calibration  curves  in  buffer  solution  are  pre¬ 
sented  vrithout  subtraction  of  the  bad^round  current 
so  as  to  be  comparable  with  the  curve  obtained  in 
plasma.  It  can  be  seen  from  Fig.  7  that  the  sensor 
response  in  plasma  has  a  smaller  slope  (hence  lower 
sensitivity)  than  that  obtained  in  phosphate  buffer, 
yet  it  is  within  an  acceptable  6%  difference.  The 
decrease  of  sensor  sensitivity  is  probably  due  to  die 
adsorption  of  proteins  present  in  the  plasma  on  the 
surface  of  the  sensor  providing  additional  diffusional 
limitations. 

3.5.  Sensor  life  times 

The  stability  of  the  sensors  over  time  is  recog¬ 
nized  as  one  of  the  most  important  factors  with 
respect  of  their  practical  application.  Two  aspects  of 
the  sensor’s  life-times  have  been  studied:  the  storage 
life-time  (shelf  life),  and  the  long-term  operational 
stability. 

In  order  to  estimate  the  storage  life-time,  three 
sets  of  sensors  six  of  each  of  PVC  membrane,  PU 
and  CA  coated.  These  sensors  were  then  stored  in 
closed  vessels  (soaked  m  phosphate  buffer)  at  4®C 
and  calibration  curves  after  one  week  of  storage  of 
time  (daily,  5  times  a  week).  It  should  be  mentioned 
that  the  presented  data  arc  from  the  first  measure¬ 
ment  for  each  of  the  sensors  in  the  set.  Storage  time 
is  counted  from  the  day  of  sensor  preparation.  It  was 
observed  that  in  each  of  the  sets,  sensors  demon¬ 
strated  typical  values  of  their  sensitivity  and  linear 
range.  Within  each  scries  the  difference  in  the  pa¬ 
rameters  of  the  calibration  curves  do  not  exceed  a 
variation  of  ±10%.  These  sets  of  sensors  were 
tested  during  a  period  of  2  weeks  (14  days)  and  no 
practical  change  of  their  performance  (within  ±  10%) 
has  been  seen. 

The  long  term  operational  stability  of  the  sensors 
was  evaluated  along  with  the  reproducibility  tests. 
Continuous  testing  for  more  than  seven  days  were 
performed  while  sensors  were  left  operating  overnight 
at  the  lowest  glucose  concentrations.  It  was  found 
that  for  the  seven  day  period  the  sensor  response 
maintains  the  same  amperometric  signal  value  within 
an  acceptable  ±5%  error  limit. 
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A.  Conclusions  and  future  work 

This  communication  presents  initial  results  on  the 
development  of  a  needle  glucose  biosensor  for  moni¬ 
toring  of  glucose  kvels  during  the  hemorrhagic  shock 
in  trauma  patients.  The  sensors  employ  commercially 
available  cellulose  acetate,  polyurethane  or 
polyvinylchloride  as  a  diffusion  membrane  for  glu¬ 
cose.  Sensor  performance  in  model  phosphate  buffer 
solutions  and  in  bovine  plasma  was  investigated,  and 
sensors  were  characterized  by  their  response  time, 
sensitivity  and  linear  range  of  the  calibration  curves. 
Long  term  stability  studies  of  the  sensors  show  that 
they  did  not  change  their  main  characteristics  when 
stored  for  at  least  two  weeks,  or  when  operated 
continuously  for  7  days.  Additional  experiments  on 
the  long-term  stability  of  the  sensors  and  their  shelf 
life  time  are  still  in  progress.  Further  work  will 
include  evaluation  of  sensor  response  in  whole  blood 
in  vitro.  Glucose  level  monitoring  during  hemor¬ 
rhage  shock  will  be  performed  with  these  sensors 
when  implanted  intravenously  in  laboratory  animals. 
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ABSTRACT 


A  new  surface  process  technology  employing  electrochemical  fixation  of  a  bioactive 
substance  (enzyme  and  heparin)  to  a  sensor  electrode  was  developed  to  provide 
biocompatibility  and  functionality.  The  fabrication  process  includes  electro¬ 
entrapment  of  glucose  oxidase  and  heparin  on  a  platinum  electrode  by  using  1,3- 
phenylenediamine  co-deposition,  PVC  was  used  as  the  outer  coating  in  order  to 
extend  the  linear  range.  The  sensors  show  a  sensitivity  of  3  nAJmM  and  a  linear 
range  from  40  to  400  mgIdL  at  37  ’C  when  tested  in  whole  blood.  The  sensors  are 
characterized  by  a  fast  response.  Sensors  show  a  minimum  change  in  their 
performance  when  stored  inactive  in  buffer  for  12  weeks.  When  tested  at 
physiological  glucose  levels,  the  sensors  demonstrate  satisfactory  low  interference 
from  common  interfering  substances.  This  technology  seems  very  promising  for  the 


preparation  of  future  implantable  intravascular  biosensor. 


Needle-Type  Sensor  for  Whole  Blood  Glucose  Monitoring 

INTRODUCTION 


Glucose  biosensors  have  received  much  attention  because  of  their  many  applications  in 

I 

clinical  chemistry,  biotechnology  and  the  food  industry.  Research  efforts  have  been  in  particular 
directed  towards  the  development  of  an  amperometric  sensor  for  glucose,  due  to  the  importance  of 
glucose  monitoring  for  diabetic  patients  i.  Success  in  this  research  has  reached  the  level  of  short 


term  human  implantation  2. 

An  important  step  in  the  fabrication  of  glucose  biosensors  is  the  immobilization  of  glucose 
oxidase  (GOD)  enzyme.  Various  methods  have  been  used  for  this  process:  cross-linking  with 
glutaraldehyde,  chemical  immobilization  on  carbon  carriers  3,  aitrapment  in  polymer  layers  4-6,  in 
metal  matrixes  or  electrochemically  grown  polymer  films  on  the  electrode  surface  9. 

Entr^ment  in  electrodianically  pdymaized  film  is  a  simple  and  attractive  approadi  fOT  the 
immobilization  of  enzymes  on  electrode  surfaces.  The  process,  which  is  also  referred  to  as 
electroch^nical  immobilizaticMi,  invcdves  tiie  electrochemical  oxidation  of  a  suitable  moncMner  from 
a  solution  containing  enzyme  to  form  a  conducting  or  non-conducting  polymer  on  the  surface  of 
the  electrode.  The  solution  for  electropolymerization  should  preferably  be  an  aqueous  solution  with 
a  neutral  pH  to  facilitate  the  incorporation  of  the  biological  component  into  the  polymer  film  in  an 
intact  form. 

The  process  of  electropolymerization  can  be  controlled  by  the  electrode  potential,  and 
allows  accurate  control  of  the  polymer  film  thickness  and  hence  the  amount  of  enzyme  entrapped  in 
close  proximity  to  the  electrode  surface.  In  addition,  since  electropolymerization  occurs  locally  at 
the  electrode  surface,  it  can  be  used  to  confine  an  enzyme  precisely  at  the  polarized  electrode 
without  cross-immobilizing  it  on  a  neighboring  electrode.  This  property  makes  it  a  suitable 


procedure  for  the  fabrication  of  arrays  of  enzyme  microelectrodes. 
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It  is  also  possible  to  use  this  technique  as  a  method  foi:  the  preparation  of  multilayer 
structures,  either  with  one  or  more  enzymes  layered  within  a  single  polymer,  or  with  one  enzyme 
within  a  multilayered  polymas. 

As  a  consequence  of  these  useful  characteristics,  the  entrapment  of  enzymes  within 
electropolymerized  films  has  become  an  increasingly  important  technique.  Consequently,  this 
technique  has  found  a  wide  range  of  applications  in  the  fields  of  both  biosensors  and  molecular 
electronics,  as  well  as  in  the  study  of  heterogeneous  enzymic  catalysis  within  membranes. 

Both  conductive  polymers  (like  polypyrrole)  and  non  conductive  polymers  (like 
phenylenediamine)  have  been  used  to  entrap  the  enzyme  on  the  electrode.  Use  of  nonconducting 
polymers  is  advantageous  because  the  polymer  growth  is  self  limiting,  producing  thin  polymer 
films.  This  is  of  particular  importance  in  the  design  of  diffusion  limited  sensors  with  short  sensor 
response  times.  Thin  films  also  provide  a  higher  enzyme  content  in  close  proximity  to  the  electrode 
surface,  leading  to  a  larger  sensor  response  and  a  high  sensitivity.  It  has  been  reported  that  non¬ 
conducting  polymers  also  have  a  characteristic  permselectivity  that  greatly  decreases  the  effect  of 
common  physiological  interferents  on  the  sensor  response  io-ii.i3.  Yacynych  et  al.  12 
demonstrated  that  the  oxidation  of  non-conducting  polymer  1,2-phenylenediamine  was 
irreversible,  resulting  in  the  formation  of  an  insulating  polymer  film  completely  covering  the 
electrode  surface  and  protecting  the  transducer  against  fouling  species.  Poly  (1,3- 
phenylenediamine)  has  successfully  been  employed  in  the  construction  of  laboratory  prototype  of 
glucose  sensors  14-16. 

Heparin  is  a  natural  sulfated  glycosaminoglycan  consisting  largely  of  alternating  O-  or  N- 
acid  ( D-gJucuronic  or  I^iduronic)  and  D-glyco(Yaniine  residues.  Hepann  exerts  its  ariticoagulant 
activity  by  accelerating  (in  some  cases  1000-fold)  the  inactivation  by  antithrombin  III  of  the 
activated  serine  proteases  involved  in  the  coagulation  cascade;  Factors  Xlla,  XIa,  IXa,  Xa,  and 
most  importantly  thrombin,  with  thrombin  inactivated  or  its  formation  prevented.  Fibrinogen  is  not 
converted  to  fibrin  and  the  fibrin  gel  or  “clot  “  does  not  form.  The  antithrombotic  activity  refers  to 
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the  in  vivo  ability  of  heparin  to  inhibit  thrombus  formation  in  experimental  or  clinical  situation 
exposing  to  the  risk  of  developing  thrombosis. 

The  response  of  the  intravascular  electrode  would  be  drastically  changed  due  to  the 
formation  of  thrombi  on  fordgn  surfaces.  ImmoWlization  of  heparin  on  artifidal  surfaces  has  been 
extensively  explored  as  a  possible  method  for  seating  a  thromboresistant  surface.  For  long  term 
use  of  such  devices,  heparin  should  be  immobilized  by  a  stable  bonding  procedure.  However ,  the 
aftffmpfs  to  bind  heparin  covalently,  that  have  been  made  so  far  have  had  litde  success,  pesumably 
because  the  chemical  and  structural  characteristics  responsible  for  the  anticoagulant  activity  of 
heparin  have  not  been  considered  when  choosing  the  methods  for  binding.  The  lack  of  methods 
for  evaluation  of  the  ultimate  blood  contact  properties  is  another  factor  which  has  hampered 
progress. 

Heparin-bonded  polymer  surfaces  prevent  platelet  adhesion  and  take  up  thrombin,  which  is 
then  inactivated  in  the  presence  of  plasma.  These  are  important  characteristics  for 
thromboresistance.  Reasonable  amounts  of  heparin  on  the  surface  result  in  a  1,000-fold  reduction 
in  thrombin  concentration  in  close  proximity  to  the  treated  surface  Nakayama  et  al.is 
demonstrated  the  immobilization  of  heparin  on  poly(ethylene-tetrephthalate),  and  the 
immobilization  of  glucose  oxidase  onto  the  surface  of  a  carbon  fiber  electrode  to  be  used  as  glucose 
sensor.  The  surface  process  technology  developed  may  be  applied  to  medical  devices.  A  new  non- 
thrombogenic  surface  prepared  by  selective  covalent  binding  of  heparin  via  a  modified  reducing 
terminal  residue  19  was  reported.  The  heparinized  surface  releases  insignificant  amounts  of  heparin 
and  can  be  regarded  as  stable.  The  blood  contact  properties  as  studied  in  vitro  revealed  that  the 
surface  was  highly  thromboresistant  in  terms  of  reduced  platelet  adhesion,  surface  catalyzed 
adsorption  and  inhibition  of  thrombin  and  capacity  to  prevent  clotting  of  non-anticoagulated  blood. 

In  the  present  paper  we  use  electro-deposition  method  to  entrap  hepann  onto  the  surface  of 
a  glucose  enzyme  electrode.  Our  goal  is  to  develop  a  sensor  which  could  be  used  to  determine  the 
glucose  concentration  in  the  whole  blood,  and  is  suitable  for  intravascular  monitoring. 
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EXPERIMENTAL 


Reagents  and  Materials 

Glucose  Oxidase  (GOD,  E.C.1. 1.3.4,  activity  162  EU/mg,  from  Aspergillus  Niger)  and 
6-D-Glucose  were  from  Sigma  Chemical  Co.(St  Louis,  MO),  Ultra  Low  Temperature  Isotropic 
(ULTI)  carbon  powder  was  from  Caibomedics,  13-phenylenediamine  (99+  %  purity),  and  Nafion 
(perfluorinated  ion-exchange  polymer,  5  wt.%  solution)  were  from  Aldrich  Chemical  Co. 
(Milwaukee,  WI).  Platinum  vitire  (0.5  mm  and  1.5mm  in  diam.)  and  silver  wire  (0.127  mm  diam.) 
were  from  Alfa  Chemical  Co.  (Ward  Hill,  MA).  Epoxy-patch  was  from  the  Dexter  Corporation, 
(Seabrook,  NH),  Heparin  (1000  units/1  ml),  Elkins-sinn,  Inc.  (  Cherry  Hill,  NJ). 

Sensor  Preparation 

H2Q2  sensor  design  and  fabrication. 

Fig.  La  presents  the  schematic  diagram  of  the  H2O2  electrochemical  transduce- and  the 
needle-type  biosensor  fused  on  it  The  working  electrode  was  constructed  by  sealing  the  platinum 
wire  in  the  center  of  the  polyethylene  tube  with  epoxy.  Copper  wire  (the  current  collector)  was 
soldered  to  the  platinum  and  extended  outside  the  tube  for  electrical  connection.  The  epoxy  resin 
was  cured  in  the  oven  at  60  *c  for  2  hours.  The  working  electrode  surface  was  sanded  flush  and 
polished.  Silver  wire  (about  10  cm  long)  was  wrapped  around  the  tip  part  of  the  electrode  and 
served  as  reference  (counter)  electrode.  The  platinum  working  electrode  was  polarized  as  an  anode 
and  the  silver  counter  electrode  was  polarized  as  a  cathode  in  a  two  electrode  system. 
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Enzyme  immobilization  ' 

The  schematic  of  the  sensor’s  woildng  electrode  surface  is  shown  in  Hg.  l.b.  The  enzyme 
GOD  was  entrapped  in  an  electrochemically  grown  poly(13-pbenyl®ii6<li3mine)  film.  The 
dectropolymerization  of  13-phenylenediamine  and  die  incxMporation  of  the  enzyme  particles  was 
carried  out  in  a  solution  containing  3-5  mg  of  13-phenylenediamme,  20  mg  of  glucose  oxidase 
and  20  mg  of  ULTI  carbon  powder  in  disposed  in  an  electrolyte  consisting  d"  9  mL  0. 1 M  sodium 
phosphate  buffer  solution  (pH  7.4)  containing  0.125  M  KCl  and'  -l  mL  of  Nafion  solution.  This 
preparation  process  was  performed  potentiostatically  at  +0.7  V  versus  a  silver/silver  chloride 
reference  electrode  for  15  minutes.  An  additional  coating  of  poly(13"Pbenylenediamine)  was 
applied  over  the  enzyme  containing  layer.  This  coating  was  formed  from  a  solution  of  3-5  mg  of 
13'phenylenediamine.  This  process  was  performed  potentiostatically  at  +  0.70  V  versus  a 
silver/silver  chloride  reference  electrode  for  10  minutes.  As  a  result  the  carbon-en:q^me  layer  (Fig. 
l.a)  was  formed. 

Heparinization  of  the  electrode 

The  process  of  electrodiemical  heparinization  was  carried  out  in  20  ml  buffer  solution  (pH 
7.4)  containing  30  mg  of  13-phenylenediamine  and  2.5  mL  heparin  potentiostatically  at  +0.7  v 
versus  a  silver/silver  chloride  reference  electrode  for  10  minutes  instead  of  the  coating  layer 
described  above.  This  procedure  forms  the  heparin  layer  over  the  carbon-enzyme  layer  on  the 
electrode  surface  (Fig.  l.a). 

External  polymer  coating  of  the  electrode 

PVC  ( 2-4%  in  tetrahydrofurane)  was  applied  to  the  sensor  surface  as  an  external  protective 
coating  and  an  additional  diffusion  control  membrane.  The  membrane  was  formed  over  the  sensor 
tip  by  dip  casting.  The  sensor  end  was  dipped  in  the  polymer  solution  for  1  second  and  was  then 
held  vertically  and  dried  in  air  for  one  hour.  By  this  procedure  the  external  protection/diffusion 
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membrane  vas  formed  (Rg.  La).  After  fabrication  the  sensors  Were  left  in  the  buffer  solution 
overnight 

Measurement  procedure  and  instrumentation 

A  potentiostat  (BAS  CV  -  IB  Bioanalytical  System,  West  Lafayette,  IN)  was  used  to 
maintain  the  potential  of  +  0.7  V  between  the  working  and  the  reference  electrode.  The 
amperometric  signals  were  measured  and  recorded  on  a  X-T  recorder  (Omnigraphic  100  Houston 

Instruments,  Austin,  T^Q- 

The  sensor  response  to  glucose  was  measured  in  a  glass  cell  (volume  50  cm3)  thermostated 
at  25  “C  or  at  37  “C  and  stirred  by  a  magnetic  stirrer.  Phosphate  buffer  solution  (pH=7.4) 
containing  0.125  M  KCl  was  used  in  the  tests  and  the  glucose  concentration  was  vaned  by 

consecutive  additions  of  glucose  from  a  stock  solution  (20  g/L) . 

The  sensor  response  to  glucose  in  the  whole  blood  was  obtained  in  a  25  mL  glass  cell 
containing  20  ml  whole  Bovine  blood.  Bovine  blood  sample  was  freshly  obtained  from  a  local 
slaughterhouse  and  the  initial  blood  glucose  level  was  measured  by  a  standard  clinical  device 
(Hemo  Cue,  Stockholm,  Sweden).  After  thermostating  at  37  ^C,  glucose  blood  level  was  vaned 
by  consecutive  additions  of  glucose  from  a  stock  solution  of  20  g/L.  During  the  experiment  the 
blood  sample  was  stirred  by  a  magnetic  stirrer. 

RESULTS  AND  DISCUSSION 

Cyclic  voltammograms  were  obtained  in  order  to  estimate  a  working  potential  for  the 
prepared  electnxles.  The  cyclic  voltammograms  recorded  at  several  glucose  concentrations  showed 
an  increase  of  the  current  in  the  potential  range  of  hydrogen  peroxide  oxidation.  In  glucose 
solutions,  a  significant  increase  of  the  anodic  current  at  potentials  more  positive  than  +  0.35  V 
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occurred.  In  theses  cases  the  anodic  current  reached  an  observable  plateau  at  potentials  more 
positive  than  +  0.55  V.  The  saturated  current  value  in  the  jdateau  range  inoeased  with  the  increase 
of  die  glucose  ooi^c«itrati<m.  From  the  cyclic  voltemmetry  studies  a  woridng  potential  of  40.7  V 
was  chosen,  and  all  sensors  were  operated  polarized  at  this  potential  during  the  constant  potential 
amp«ometiy. 

The  Selection  of  1,3-phenylenediamine  Concentration 

Hg.  2  presents  two  calibration  curves  (dependencies  of  the  steady-state  amperometric 
response  of  the  sensor  to  consecutive  increase  in  glucose  concentration  in  the  measuring  cell)  for 
one  representative  sensor  obtained  before  and  after  the  procedure  of  heparinization.  This  Figure 
demonstrates  the  performance  of  the  non-coated  sensor,  having  only  a  carbon-enzyme  layer  on  the 
working  electrode  surface.  Fig.  2  shows  the  effect  of  the  heparinization  on  the  sensor  response. 
From  this  Figure  it  can  be  seen  that  after  the  heparinization  the  sensor  response  apparently 
decreased  in  amiparison  with  the  response  before  this  procedure.  Such  a  test  (comparing  the 
calibration  curves  before  and  after  the  heparinization)  was  used  as  a  criteria  as  to  whether  enough 
heparin  was  deposited  on  the  electrode  surface.  It  was  found  that  in  the  cases  with  the  greatest 
decrease  in  the  signal  after  heparinization,  the  sensor,  when  tested  in  the  whole  blood,  would  not 
produce  any  current  signal  from  the  addition  of  the  glucose. 

The  concentration  of  the  monomer  -  13-phenylenediamine  -  in  the  electropolymerization 
solution  played  a  key  role  in  the  heparinization  process.  Table  1  presents  the  effect  of  the 
concentration  of  the  13-phenylenediamine  on  the  sensor  performance  after  heparinization.  From 
Table  1  it  can  be  seen  that  when  the  concentration  of  1,3-phenylenediamine  is  not  high  enough, 
almost  no  heparin  was  immobilized  on  the  electrode  and  when  tested  in  whole  blood,  the  electrode 
was  totally  coated  by  a  blood  deposit  which  resulted  in  a  lack  of  signal.  But  when  the  higher 
concentration  of  1,3-phenylenediamine  was  used,  too  much  13-phenylenediamine  and  heparin 
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were  immobilized  on  the  electrode,  which  lead  to  almost  no  response  to  the  glucose  when  tested  m 
the  whole  blood  because  of  overcoating  of  the  sensor  surface.  So.  the  optimal  concentration  range 
is  around  2  mg  13-phenylenediamine  per  mL  buffer  solution  was  chosen  for  further  experiments. 


Selection  of  the  PVC  Coating  Solution  Concentration 

The  concentration  of  the  PVC  solution  from  which  the  external  membrane  was  formed  was 
varied  between  0.5%  -  4  %.  When  the  concentration  was  lower,  the  response  was  of  large 
magnitude  and  was  characterized  by  short  response  time.  The  linear  range,  however,  was  not 
satisfactory.  When  the  concentration  of  the  coated  polymer  was  higher,  the  linear  range  could  be 
extended  up  to  700  mg/dL,  and  was  accompanied  by  a  significant  decrease  in  sensor  sensitivity. 
According  to  the  performance  of  the  electrode,  2  %  PVC  solution  was  selected  as  the  coating 
polymer  concentration. 

Performance  of  the  Heparinized  Biosensor 

An  external  polymer  coating  with  PVC  was  used  in  order  to  extend  the  linear  range  of  the 
sensors  calibration  curves.  Calibration  curves  were  obtained  for  both  non-coated  and  PVC  coated 
sensors.  Fig.  3. a  shows  examples  of  calibration  curves  obtained  with  a  sensor  before  PVC 
coating,  and  a  sensor  coated  with  PV  C. 

Parameters  of  the  sensors  calibration  curves  -  linear  range  and  sensitivity  -  were  the  focus 
of  this  investigation.  Analysis  of  these  two  parameters  of  the  sensor  response  is  appropriate  using 
the  electrochemical  Eadie-Hofstee  coordinates:  sensor  response  vs.  sensitivity.  This  plot  is  based 
on  the  linearization  of  Michaelis-Menten  equation  when  reaction  rates  are  substituted  with  steady- 
state  current  fluxes: 
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Is=  Is™^-  KMapP(Is/Cg) 


(1) 


j 
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Here  Is  is  the  steady-state  current  of  the  electrode  (amperometric  response),  Cg  is  the 
concentration  of  glucose  [so  that  (Is/Cg)  gives  the  sensitivity],  K^app  is  the  apparent  Michaelis- 
Menten  constant  of  the  enzymatic  reaction  (glucose  oxidation  by  molecular  oxygen  catalyzed  by 
GOD),  and  Is™"  is  the  intercept  on  the  current  axis  corresponding  to  the  maximal  rate  of  the 
enzymatic  reaction.  It  can  be  se«i  from  (1)  that  in  the  case  when  the  enzymatic  reaction  is  the  rate 
controlling  process  (kinetic  control)  the  response/sensitivity  dependence  is  linear  with  negative 
slope  Km^pp.  This  means  that  the  response/concentration  dependence  (the  calibration  curve)  is 

hyperbolic  (not  linear  in  any  concentration  range). 

Diffusion  limitation  of  the  overall  processes  occurring  on  the  electrode  resulted  in  a  strong 
linearity  of  the  signal/concentration  dependendes  (calibration  curves)  following  the  equation; 

Is  =  nFA  Deff  (Cg-  Co)/Lm  (2) 

Here  n  is  the  number  of  electrons  exchanged,  A  is  the  electrode  surface  area,  I>ff  is  the 
effective  diffusion  coeffident  of  the  substrate  in  the  membrane,  Lm  is  the  membrane  thickness,  Cg 
is  the  bulk  substrate  concentration  and  Cq  is  the  surface  substrate  concentration.  When  the 
electrode  polarization  is  sufficiently  high  and  the  enzymatic  reaction  is  fast  compared  to  diffusion 
(diffusion  control),  then  C©  =  0  and  the  amperometric  response  is  directly  proportional  to  the 
substrate  (glucose)  concentration.  In  Eadie-Hofstee  coordinates  this  dependence  is  shown  by  a 
vertical  line  parallel  to  the  current  axis. 
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Presentation  of  the  experimental  data  from  Rg.  3.a  in  Mfe-Hofstee  coordinates  is  given  m 
Rg.  3.b.  It  can  be  seen  that  the  dqiendaice  of  the  amperometric  response  on  the  sensor  s«isitivity 
obtained  with  the  sensor  before  PVC  coating  is  linear  with  a  negative  slope  according  to  equation 
(1).  This  plot  could  be  interpreted  as  an  evidence  of  a  kinetic  control  in  the  entire  range  of 
investigated  glucose  concentrations  for  the  saisor  before  PVC  coating. 

The  biosensor  with  an  external  PVC  polymer  layer  shows  a  linear  dependence  of  the 
response  to  glucose  concentration  up  to  at  least  400  mg/dL.  The  polymer  coating  over  the  enzyme- 
carbon  layer  acted  as  a  glucose  diffusion  membrane,  resulting  in  the  increase  of  the  linear  range  of 
the  sensor  response.  It  can  be  seen  from  Rg.  3.a  and  Fig.  3.b  that  the  increase  in  the  linear  range 
of  the  sensois  response  is  associated  with  a  decrease  in  the  sensor  sensitivity.  The  initial  sensitivity 
of  the  non-coated  sensor  is  1.5  nA/mg/dL.  Sensitivity  of  the  PVC  coated  sensor  is  approximately 
0.2  nA/mg/dL  and  is  constant  in  the  range  from  40  to  400  mg/dL  glucose  (Fig.  3.b),  in  agreement 
with  equation  (2). 

The  response  time  (estimated  as  the  time  to  reach  95%  of  the  steady  -  state  value  of  the 
current  signal )  is  also  affected  by  using  the  PVC  coating.  The  response  time  (  for  a  concentration 
step  -  change  of  40  mg/dL)  for  the  sensor  without  coating  is  about  5  s;  and  for  the  sensor  with  a 
coating  is  1.5  min.  At  the  highest  glucose  concentrations,  for  the  sensor  without  a  coating,  the 
response  time  increases  with  increasing  concentration  of  glucose,  while  for  the  PVC  coated 
sensors  it  remains  independent  of  the  absolute  concentration,  being  a  function  on  the  concentration 
step-change  only.  Hence  the  use  of  PVC  coatings  on  the  electrode  with  GOD  and  heparin 
entrapped  in  a  poly(13-phenylenediamine)  layer,  has  the  advantages  of  increasing  the  linearity  of 
the  sensor  response  over  the  glucose  concentration  range  of  physiological  and  pathophysiological 
interest,  with  an  increase  of  the  sensor  response  time  that  is  still  acceptable  from  a  practical  point  of 

view. 


to 


The  effect  of  temperature  elevation  was  studied.  Calibration  plots  of  the  sensor  with  GOD 
and  heparin  immobilized  by  entrE^ment  in  a  poly(13"Phenylenediamine)  matrix  obtained  at  room 
and  at  body  temperature  are  shown  in  Rg.  4.  At  25  ®C  the  linear  range  of  the  dectrode  rehouse 
is  up  to  600  mg/dL.  At  37  the  response  amplitude  increased,  but  the  upper  limit  of  the  linear 
range  decreased  to  about  400  mg/dL.  This  is  probably  due  to  an  increase  of  the  external  PVC 
membrane  permeability,  which  may  be  assodated  with  microcracks  or  other  damage.  This  result, 
however,  still  confirms  that  the  sensor  response  is  linear  over  the  physiological  and 
pafliophysiological  range  of  glucose  concentration  at  body  temperature. 

Sensor  life  times 

The  long-term  stability  of  the  sensors  was  evaluated  by  periodically  obtaining  calibration 
curves  in  buffer  solution  of  the  sensors  (usually  twice  a  week)  from  a  simultaneously  prepared  set 
From  these  calibration  curves  the  characteristics  of  the  sensors’  response  were  obtained  and  the 
sensor  performance  was  evaluated.  Between  tests  the  sensors  were  stored  in  the  refrigerator  at  4 
*C.  Rg.  5  shows  the  sensor  sensitivity  (from  the  calibration  curves)  as  a  function  of  time  of 
sensor  storage  since  fabrication.  Rg.  5  presents  data  obtained  with  two  individual  sensors  from  tiie 
same  set  (sensors  NSl  and  NS2).  From  this  Figure  it  can  be  seen  that  the  sensitivity  remained 
constant  over  11  weeks  of  storage.  A  tendency  towards  increasing  sensor  sensitivity  can  be  seen. 
This  is  associated  with  a  decrease  in  the  linear  range  But  the  linear  range,  however,  decreased  after 
3  weeks  of  testing.  The  decrease  in  the  linear  range  is  most  evident  when  the  electrodes  are  tested 
at  37®C.  The  increase  of  the  sensor  sensitivity  with  the  storage  and  associated  decrease  in  the  linear 
range  is  probably  due  to  partial  degradation  of  the  PVC  coating,  during  which  the  effectiveness  of 
the  diffusion  membrane  diminishes. 
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Interference  and  the  whok  blood  tests 

Fig.  6  shows  the  sensor  response  to  the  consecutive  addition  of  glucose,  ascorbic  acid 
(0.1  mM),  uric  addC  0.4  mM),  and  acetaminophen  (0.2  mM).  These  concentrations  are  selected  to 
mimic  the  maximal  concentrations  of  the  substances  in  human  serum  14.  By  comparing  the 
response  of  the  interfering  substances  with  that  of  6  mM  glucose  it  was  found  that  the  electrode 
has  negligible  response  to  ascorbic  acid;  4.2%  relative  response  to  uric  acid  and  7.9%  relative 
response  to  acetaminophen.  This  shows  that  poly(l,3-phenylenediamine)  can  effectively  prevent 
the  interference  from  these  substances,  and  at  the  same  time  poly(13-phenylenediamine)  ensures 

good  sensitivity  and  repeatability  of  the  sensor  response  to  glucose. 

Fig.  7  shows  a  recording  obtained  during  a  whole  blood  test  at  37  ®C.  The  initial  blood 
glucose  level  is  measured  to  be  85  mg/dL  (by  a  reference  method).  After  every  addition,  the 
concentration  of  bulk  glucose  was  increased  by  100  mg/dL.  From  the  Figure  it  can  be  seen  that 
sensor  responded  to  the  glucose  addition.  After  testing  in  whole  blood,  the  electrodes  were  washed 
and  then  tested  again  in  buffer  solution.  It  was  found  that  the  sensitivity  of  the  sensors  remained 

die  same  as  before  the  test  in  the  whole  blood.  This  demonstrated  that  the  electrode  surface  has 
not  been  irreversibly  clogged  by  the  blood  albumin.  The  sensor  signal  in  whole  blood  however, 
has  of  lower  amplitude  than  that  obtained  in  buffer  solution.  This  could  be  an  indication  that  there 
is  some  adsorption  of  substances  (proteins,  lipids)  on  the  electrode  surface  acting  as  an  additional 
diffusion  barrier  for  glucose  and  diminishing  the  sensor  signal. 

CONCLUSION 


The  electrochemical-entrapment  immobilization  of  heparin,  useful  as  a  thromboresistant 
coating,  and  the  immobilization  of  the  glucose  oxidase  onto  a  platinum  electrode  surface,  was 
demonstrated.  This  technology  can  greatly  improve  the  sensor  response  to  glucose  in  the  whole 
blood  and  may  be  applied  to  other  devices  for  intravascular  applications. 
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FIGURE  CAPTIONS 


Fig.I  Crossectioiud  schematic  of  the  needle-type  glucose  biosensor  basic  electrochemical 
transducer  (a)  and  a  schematic  view  of  die  enzyme  electrode  layered  surface  stricture  (b). 

Fig.2  Calibration  curves  of  the  needle-type  glucose  biosensor  in  phosphate  buffer  solution 
(pH  7.4)  at  room  temperature  obtained  at  different  stages  of  the  enzyme  electrode 
preparation:  before  and  cfter  the  heparinization  procedure. 

Fig.3  Calibration  curves  of  the  needle-type  glucose  biosensor  in  phosphate  buffer  solution 
(pH  7.4)  at  room  temperature  obtained  at  different  stages  of  the  enzyme  electrode 
preparation:  before  and  after  coating  with  a  PVC  layer  (a).  Data  from  (a)  presented  in 
electrochemical  Eadie-Hoptee  coordinates  (b). 

Fig. 4  Calibration  curves  of  the  PVC  coated  needle-type  glucose  biosensor  in  phosphate  buffer 
solution  (pH  7.4)  obtained  at  room  temperature  (25  and  at  body  temperature  (37'"C). 

Fig.5  Dependence  of  the  sensor  sensitivity  (obtained  as  a  slope  of  a  calibration  curve)  on  the  time 
of  storage  at4  *‘C  between  the  measurements  for  two  representative  individual  sensors 
(NSl  andNS2). 

Fig.6  Protocol  of  the  needle-type  glucose  biosensor  response  to  consecutive  additions  of  glucose 
in  phosphate  buffer  solution  (pH  7.4)  with  a  concentration  step  change  of  20  mg/dL  to 
reach  the  physiological  level  of  80  mgfdL  glucose  followed  by  consecutive  additions  of 
common  physiological  interferents  (ascorbic  acid,  uric  acid  and  acetaminophen)  at  their 
physiological  levels. 

Fig. 7.  Needle-type  glucose  biosensor  response  to  consecutive  additions  of  glucose  in  whole 
blood  (initial  glucose  level  of  85  mg/dL)  with  a  concentration  step  change  of  100  mg/dL. 
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Table  1.  The  effect  of  the  U-phenylenediamine  ooncentralion  during  the  heparinization  of 
the  electrode  on  the  senses  response  to  glucose  in  whole  blood 


13-phenylenedianiine  concentration 

Sensor  response  to  glucose  in  blood 

[mg/mL] 

[nA/200  mg/dL] 

0.5 

0.0 

1.0 

5.0 

2.0 

10.0 

5.0 

0.0 
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Abstract 

Amperometric  needle-type  glucose  biosensors  employing  nonplatinum  catalytic  electrodes  made  from  pyrolytic  electrode  of  pyrolyzed 
cobalt-tetramethoxy'phenylpotphyrin  (CoTMPP)  ate  described.  A  tedmique  for  preparation  of  the  working  dectrode  with  catalyst  and 
adsorbed  enzyme  (enzyme  electrode)  from  a  pressed  matrix  (tablet)  is  presented.  This  technique  allows  manufacturing  numerous  sensors 
from  the  same  pressed  tablet,  all  of  which  demonstrate  a  good  reproducibility  of  thdr  parameters  (sensitirity,  linear  range,  lifefime). 
Different  glucose  diffusion  (external)  membranes  have  been  studied  in  order  to  extend  the  linear  range  of  the  biosensor  response.  Linearity 
of  the  sensor  response  to  glucose  concentrations  up  to  35  mM  is  reported  when  a  cellulose  paper  membrane,  impregnated  with  cellulose 
acetate,  is  used  pressed  into  the  needle  sensor  body.  Sensors  demonstrated  a  shelf  lifetime  of  30  days  (with  constant  parameters  of  the  rignal 
output)  and  can  be  used  for  continuoxis  glucose  monitoring  in  vitro  for  at  least  5  days. 

Keywords:  Pyrolyzed  cobalt-tclramcthoxy-phcnylporphyiin  catalyst.  Needle  glucose  biosensor 


I.  INTRODUCTION 

The  development  of  sensors  for  glucose  concentration 
determination  has  been  the  focus  of  much  research  during  the 
past  decade  (!].  The  attention  ^ven  to  this  area  of  research 
arises  from  the  dinical  importance  of  glucose  level  monitoring 
in  phydological  fluids,  espedally  with  respect  to  the  manage¬ 
ment  of  diabetes  [2].  Implantable  glucose  biosensors  designed  to 
monitor  gjlucose  concentration  in  interstitial  fluid  (subcutaneous 
sensors)  and  in  whole  blood  intravenous,  intravascular  sensors) 
are  bang  studied  intensively  [3-7]. 

The  main  technique  for  the  construction  of  these  glucose 
sensors  is  the  use  of  enzyme  electrodes  [3].  This  is  because  of  the 
high  substrate  specificity  and  high  activity  of  enzymes  as 
biological  catalysts.  The  enzyme  usually  used  is  glucose  oxidase 
(GOD),  and  the  detection  of  glucose  is  based  on  the  following 
overall  reaction: 

i^-D-gJucose  +  O2  +  H2O  ■  Gluconic  add  -h  H2O2  (1) 

Amperometric  glucose  biosensors  are  usually  based  on  measur¬ 
ing  the  increase  in  the  anodic  current  due  to  H2O2  oxidation,  or 
the  decrease  in  the  cathodic  current  due  to  O2  reduction.  The 
H2O2  electrode  based  glucose  biosensors  arc  advantageous 
because  they  can  be  fabricated  easily  and  constructed  in  small 
series  even  with  conventional  technology. 

Needle-type  sensors  are  one  of  the  first  approaches  to  design 
minlaturizafion  of  glucose  sensors.  Shichiri  ct  al.  [3]  were  the 
first  to  report  success  in  miniaturizing  a  glucose  sensor  and 
introduced  the  needle  enzyme  electrode  which  had  an  outer 
diameter  of  1  mm.  Since  then,  there  have  been  many  reports  on 
the  development  of  needle-type  sensors  [4-7]. 

The  needle  sensor  generally  consists  of  a  platinum  working 
electrode  (polarized  as  anode)  and  silver  [3],  stainless  steel  [4], 
Ag/AgO  [8],  or  platinum  [5]  as  counter  electrode,  used  as  a 
reference  in  a  two  electrode  system.  A  three  electrode  system 
with  an  Ag/AgCi  as  a  wire  reference  electrode  placed  inside  the 
needle  body  has  also  been  reported  [9]. 


In  the  last  few  years  the  use  of  different  types  of  N4-metaI 
chelates  (phtalocyanines,  phorphyrins)  for  clectroanalytical  and 
biosensor  applications  has  been  the  subject  of  many  publica¬ 
tions  [10-22].  These  investigations  have  been  summarized  in 
recent  reviews  [21,  22]  presenting  the  dcctroanalytical  appli¬ 
cations  of  such  catalyst  and  electrode  modifiers  as  a  dynamic 
area  of  research.  The  use  of  N4-mctal  didates  offers  several 
advantages:  they  show  high  catdytic  activity  combined  with 
some  analyte  selectivity;  they  arc  suitable  for  forming  thin 
layers  over  an  inert  electrode;  they  demonstrate  comjMitibility 
with  enzymes  and  different  immobilization  reagents.  Oxygen 
reduction  as  well  as  red-ox  properties  of  numerous  organic 
compounds  have  been  studied  on  electrodes  modified  with  N4- 
metal  chelates  [21, 22].  Some  of  N4-metal  chelates  arc  employed 
aspatalysts  for  electrochemical  oxidation  of  hydrogen  peroxide 
[15.:^]. 

It  is  known  that  the  treatment  of  N4-mctal  chdates  in  an  inert 
gas  at  elevated  temperature  of  600  to  800®C  (pyrolyzation) 
increases  thdr  activity  for  electrochemical  reduction  of  molecu¬ 
lar  oxygen  as  well  as  heterogenous  decomposition  of  hydrogen 
peroxide  (**catalase-likc  activity)  [23—25].  Catalysts  based  on  the 
pyrolyzed  N4-mctal  chelates  arc  used  mainly  in  gas  diffusion 
electrodes  for  mctal-air  batteries  and  fuel  cells  [26]. 

In  our  earlier  work  it  was  shown  that  electrodes  based 
on  dispersed  pyrolyzed  cobalt-tetramethoxy-phenylporph)ain 
(CoTMPP)  can  be  used  as  a  hydrogen  peroxide  oxidation 
electrodes  in  biosensors  for  measurement  of  glucose  and  lactate 
[27, 28].  In  these  works  a  stationaiy  catalytic  hydrogen  peroxide 
sensor  was  used  in  combination  with  different  membranes  with 
immobilized  enzymes  (glucose  oxidase  or  lactate  oxidase) 
mechanically  attached  to  the  electrode  surface. 

In  this  work,  the  performance  of  a  nccdlc-^l)c  glucose 
biosensor  based  on  a  pyrolyzed  CoTMPP  catalytic  electrode  is 
described.  This  article  describes  a  prototype  of  a  disposable 
miniature  electrode  with  enzyme  (glucose  oxidase)  immobilized 
directly  on  the  surface  of  the  pyrolyzed  CoTMPP  electrode  as 
well  as  a  new  tablet  based  approach  for  mass  fabrication  of 
microsensors. 
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2.  Experimental 

2.1.  Reagents 

Glucose  oxidase  (GOD.  E.C.1.1.3.4.  activity  250  EU.mg-'. 
from  Aspergillus  Niger)  was  from  Sigma  Chemical  Co.(St. 
Louis,  MO),  and  was  used  without  further  purification.  Cobalt- 
tetramcthoxy-phenylporphyrin  [CoTMPP,  5,10,15, 20-tetralds(4- 
methoxy-phenjd)  -21£f,23Jy-potphinecobaltai)]  was  from  Aldrich 

Chem.  Co.  (Milwaukee,  WI).  The  Nafion  perfluorinated  ionomer 
was  also  obtained  from  Aldrich  as  5  wt%  solution  and  used  after 
dilution  to  0.5%  using  0.1  M  phosphate  buffer  solution,  contain¬ 
ing  0.1  M  KQ  (pH  7.4).  Stainless  steel  14  and  22  gauge  needles 
(outer  diameter  1.27  mm)  manufactured  by  Becton  Dickinson 
Standard  &  Co.  (Rutherford,  NJ)  were  used.  D-glucose, 
anhydrous  (Dextrose,  Baker  Analyzed,  Phillipsburg,  NJ)  was 
used  as  a  stock  solution  (20  g/L)  in  phosphate  buffer,  prepared 
at  least  one  day  before  measurements  for  mutarotation.  The 
polymer  coatings  were:  cellulose  acetate  (CA)  from  Eastman 
Kodak  Co.(Rochester,  NY),  polyurethane  SG80A  (PU)  from 
Thcrmedics  Inc.(Wobum,  MA)  and  polyvinylchloride  140  x  31 
(PVC)  was  from  BF  Goodrich  Co.  (Avon  Lake,  OH).  All  other 
reagents  used  were  of  analytical  grade. 

Dispersed  catalyst  from  pyrolyzed  CoTMPP  was  prepared  as 
described  earlier  [27, 28].  Crystalline  CoTMPP  was  precipitated 
on  a  dispersed  carrier  (for  example,  carbon  black)  from  DMFA 
solution  in  1:1  weight  ratio.  After  drying  the  material  was 
pyrolyzed  in  argon  at  700  °C  for  4  h,  and  then  cooled  to  room 
temperature  in  an  argon  stream  overnight.  The  resulting  black 
powder  wass  used  as  a  disperse  catalyst  in  the  electrode 
preparation. 


2.2.  Enzyme  Oectrode  Preparation 

The  catalytic  electrode  was  fabricated  in  the  form  of  a  pressed 
tablet,  from  which  a  disk-shaped  segment  was  placed  inside  a 
flattened  needle  tip.  The  preparation  procedure  is  illustrated  in 
Figure  1,  This  procedure  consists  of  four  consecutive  steps:  a) 
formation  of  a  carrier  tablet  from  Teflonized  (PTFE  treated) 
carbon  black,  b)  formation  of  the  catalytic  layer  over  the  pressed 
carbon  black  matrix,  c)  enzyme  deposition  (immobilization)  on 
the  catalytic  layer  and  d)  cutting  a  cylindrical  segment  from  the 
tablet  to  obtain  the  enzyme  electrode.  The  carrier  layer  is  made 
of  Teflonized  carbon  black  [29]  pressed  at  260  KPa  to  give  a 
cl^tro-conductive  matrix  (Fig.  la).  The  matrix  has  a  disk  shape 
with  10  cm  area  and  thickness  about  0.4  mm.  After  the 
formation  of  the  carbon  black  matrix,  the  dispersed  catalyst 
from  pyrolyzed  CoTMPP  is  poured  on  one  of  the  matrix  sides 
(ca.  0.5mg/cm0  and  pressed  at  65  KPa  to  form  a  thin  layer 
(Fig,  lb).  The  total  thickness  of  the  tablet  after  adding  the 
catalytic  layer  does  not  exceed  0.5  mm.  The  resulting  tablet  is 
sufficiently  elastic  and  durable  to  be  stored  or  transported. 

In  general,  electrodes  of  different  shapes  and  sizes  can  be 
cut  out  from  such  a  tablet.  Macroelectrodes  (disk-shaped, 
rectangular  pieces  or  strips  of  several  cm^)  as  well  aswellas 
microelectrodes  (usually  disks  with  diametersdimeters  between 
0.5  mm  and  1  mm)  can  be  fabricated.  The  reproducibility  of  this 
techniquetechique  is  high  and  relies  on  the  reproducible 
properties  of  the  Teflonized  carbon  black  developed  initially 
for  the  needs  of  the  battery  technology  [29]. 

The  side  of  the  tablet  with  the  supported  pyrolyzed  CoTMPP 
(catalytic  layer)  is  impregnated  with  enzyme  solution  containing 
20  mg/cm  GOD  in  0.5%  (w./v.)  Nafion  in  phosphate  buffer 
solution  (Figure  Ic).  The  enzyme— Nafion  layer  is  then  dried  at " 


Fig.  1,  Schematic  of  the  processes  of  preparation  of  the  needle-type 
enzyme  electrode  with  pyrolyzed  CoTMPP  catalyst:  a)  formation  of  the 
tablet  from  Teflonized  carbon  black;  b)  formation  of  the  catalytic  layer 
of  pyrolyzed  CoTMPP;  c)  formation  of  the  enz>*me.  "Nafion  layer  over  the 
catalytic  layer;  d)  cutting  a  segment  from  the  tablet  bv  a  h%T)odermic 
needle. 

room  temperature  for  2  h  forming  an  active  layer  of  immobilized 
GOD.  The  prepared  enzyme  layer  contained  approximately 
1  n*8/cm  GOD  and  ca.  0.25  mg/cm^  Nafion  (loaded  amount)  in 
the  immobilization  matrix. 

A  smoothed  end  of  a  22  gauge  needle  was  used  to  cut  out  a 
cylindrical  se^ent  from  the  three  layer  tablet  (Fig.  Id).  In  this 
case  the  cutting  is  performed  starting  from  the  back  (carbon 
black  matrix)  side  of  the  tablet  so  the  enzjme/Nafion  layer  over 
the  catalytic  layer  remain  at  the  face  side  of  the  enzyme  electrode 
SO  formed. 


(paper  membrane; 


enzyme/nafion  layer^ 
polymer  coating 


Fig  2.  Crossectional  schematic  of  the  glucose  biosensor  based  on  the 
nccdle-t>pe  enz>TOe  electrode  with  pyrolyzed  CoTMPP  caialvsi. 
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2.3.  Sensor  Design  and  Preparation 

A  schematic  of  the  glucose  needle  sensor  crossection  is  shown 
in  Figure  2.  Two  hypodermic  needles  are  used  in  the  sensor 
construction.  The  22  gauge  needle  (with  the  cylindrical  tablet 
segment)  acts  as  body  and  current  collector  of  the  working 
electrode  polarized  as  anode.  The  22  gauge  needle  is  insulated  by 
polyethylene  tpbing  and  inserted  into  a  tube  cut  out  from 
another  needle  with  larger  diameter  (14  gauge).  This  second 
needle  serves  as  a  counter  electrode  polarized  as  cathode. 

Different  polymer  coatings  are  studied  as  a  glucose  diffusion 
membrane  and  sensor  protection  membrane.  These  coatings  are 
made  by  dipping  of  the  sensor  tip  in  a  polymer  solution  (5  % 
w./v.  of  CA  in  acetone,  PU  and  PVC  in  tetrahydrofuran).  The 
sensors  were  dipped  in  the  solutions  for  5  s  and  dried  in  air  at 
room  temperature  for  15  min. 

In  the  case  where  a  cellulose  paper  membrane  is  used  the 
paper  segment  is  cut  out  from  a  plain  sheet  of  white  Xerox 
printer/copy  paper  during  the  enzyme  electrode  preparation 
[process  d)  on  Fig.  1].  The  paper  piece  is  then  impregnated  with 
2  %  w./v.  of  CA  solution  in  acetone). 


2,4.  Apparatus  and  Procedure 


The  needle  sensors  were  tested  in  vitro  in  a  magnetically  stirred, 
thermostaled  measuring  cell  (volume  50  mL).  A  two  electrode 
circuit  was  used,  the  catalytic  working  electrode  polarized  as  an 
anode,  and  the  stainless  steel  needle  body  as  both  reference  and 
counter  electrodes,  polarized  as  a  cathode,  and  maintained  by  a 
potentiostat  (BAS  CV-IB,  Bioanalytical  Systems  Inc.,  West 
Lafayette,  IN).  The  amperometric  signals  were  recorded  on 
Omnigraphic  100  recorders  (Houston  Instruments,  Austin,  TX). 
The  supporting  electrolyte  was  0. 1 M  phosphate  buffer  solution, 
pH  7.4  containing  0.1  M  KCL  Between  measurements  the 
sensors  were  stored  soaked  in  phosphate  buffer  (pH  7.4)  in 
closed  vessels  at  4®C.  Before  measurements  the  sensors  were 
polarized  for  at  least  10  min  to  establish  the  background 
current. 

Calibration  plots  -  the  dependence  of  the  steady  state  anodic 
current  on  glucose  concentration  -  were  obtained  when  the 
glucose  concentration  was  varied  by  consecutive  additions  of 
glucose  from  stock  solution  to  the  measuring  cell  in  2.2  mM 
(40mg/dL)  glucose  concentration  increments. 

Reproducibility  of  the  sensor  response  was  tested  by  recording 
the  current  signal  to  alternatingly  varying  glucose  concentra¬ 
tions  between  2.8  mM  and  5.6  mM  (50mg/dLand  lOOmg/dL), 
and  between  5.6  mM  and  1 1.2mM  (lOOmg/dL  and  200mg/dL) 
glucose.  Continuous  monitoring  of  glucose  in  such  conditions 
was  used  in  the  evaluation  of  the  sensors  operational  life-time. 

The  storage  life-time  of  the  sensors  was  studied  by 
periodically  obtaining  calibration  plots  for  sensors  kept  at 
4  ®C  between  the  measurements. 


3.  Results  and  Discussion 

Steady-state  polarization  curves  were  obtained  in  order  to 
estimate  a  working  potential  for  the  prepared  needle  sensors. 
Figure  3a  shows  a  typical  polarization  curve  of  a  needle  sensor 
with  pyrolyzed  CoTMPP  working  electrode  in  the  presence 
(6.7  mM,  Fig.  3a,  curve  1)  and  the  absence  (Fig.  3a,  curve  2)  of 
glucose  in  the  cell.  In  glucose  solutions  a  significant  increase  of 
the  anodiccurrent  at  potentials  higher  than  +0.3  V  occurs.  The 


Fig.  3.  Steady-state  polarization  curves  of  the  pyrolyzed  CoTMPP 
catalytic  electrode  vs.  stainless  steel  needle,  both  incorporated  into  a 
biosensor:  a)  in  6.7  mM  glucose  solution  (curve  1)  and  the  background 
curve  in  blank  phosphate  buffer  solution  (curve  2);  b)  resulting 
polarization  curve  of  the  sensor  response  (subtraction  of  curve  2  from 
curve  1). 

anodic  current  reaches  an  observable  plateau  in  the  potential 
range  from  +0.5  to  +0.7V.  At  more  positive  potentials  the 
anodic  current  in  the  presence  of  glucose  (Fig.  3a,  curve  1) 
increases  further  due  to  the  increase  of  the  background  current 
at  these  potentials  (Fig.  3a,  curve  2). 

The  difference  between  the  anodic  current  in  glucose  solutions 
and  the  background  current  (this  difference  gives  the  sensor 
response)  is  plotted  against  the  applied  potential  (shown  in 
Fig.  3b).  It  is  clear  that  a  plateau  is  reached  at  potentials  more 
anodic  than  +0.5V  forming  the  range  of  diffusionally  limited 
electrooxidation  of  hydrogen  peroxide  at  the  pyrolyzed 
CoTMPP  catalytic  electrode.  A  working  potential  of '+ 6.6  V 
was  chosen,  and  all  sensors  were  polarized  at  this  potential. 

3.1.  Reproducibility  of  the  Sensors  Calibration  Plots 

The  described  technique  of  manufacturing  the  working 
electrodes  from  a  preliminary  pressed  tablet  allows  the 
preparation  of  numerous  sensors  from  a  single  matrix.  Several 
scries  of  sensors  have  been  made  out  of  different  tablets.  Results 
presented  in  this  study  are  obtained  with  glucose  biosensors 
using  an  enzyme  -  CoTMPP  -  carbon  black  matrix  cut  out 
from  one  tablet  (tablet  "N*).  The  total  number  of  electrodes  (and 
biosensors)  made  from  this  tablet  was  83.  Before  further 
treatment  -  coating  with  polymer  -  long-term  operation  or 
storage  life-time  tests  of  the  biosensors  ( were  earned  ^ujT 
obtaining  their  response  to  glucose  by  means  of  calibration 
plotsJ^  — - - — - - - - — — ^ 

Calibration  plots  of  six  needle  sensors  with  catalytic  electro¬ 
des  from  pyrolyzed  CoTMPP,  all  from  the  described  series,  are 
shown  in  Figure  4.  A  linear  depcndance  of  the  current  response 
on  glucose  concentration  is  observed  up  to  16mM  glucose,  and 
the  sensitivity  is  from  10  to  12  nA/mM.  Parameters  of  the 
calibration  plots  (linear  range  and  sensor  sensitivity)  of  all  ihc 


FJvciroanaivsis  1995,  7,  N\v  ! 


4 


iP.  Atanasov  et  al. 


GLUCOSE  CONCENTRATION,  naM 

Fig.  4.  Calibration  plots  of  the  biosensors  in  glucose  buffer  solution 
obtained  with  noncoatcd  pyrolyzed  CoTMPP  catalytic  electrodes 
prepared  from  one  and  the  same  tablet  (randomly  chosen  set  of  six 
biosensors  out  of  83  prepared  from  the  same  tablet). 

sensors  prepared  from  the  same  tablet  arc  similar.  The  upper 
limit  of  the  linear  range  is  between  13-“16mM  glucose.  The 
mean  value  of  the  sensors  sensitivity  is  11.3  nA/mMdb  1.2  nA/ 
mM  (n  =  83).  These  results  demonstrate  the  reproducibility  of 
the  manufacturing  technique  developed  and  provide  a  basis  to 
compare  characteristics  of  sensors  made  from  one  tablet 


3,2.  Calibration  Plots  of  the  Sensors  with  Different  Polymer 
Coatings 

Several  polymer  coatings  were  investigated  in  order  to  extend 
the  linear  range  of  the  sensors  calibration  plots:  polyurethane 
(PU),  polyvinylchloride  (PVC)  and  ccUulosc  acetate  (CA)  were 
all  employed.  Calibration  plots  were  obtained  for  both  non- 
coated  and  polymer-coated  sensors.  Fig.  5a  shows  examples  of 
calibration  plots  obtained  with  a  noncoatcd  sensor  (Fig.  5a, 
curve  1),  a  sensor  coated  with  CA  (Fig.  5a,  curve  2),  with  PVC 
(Fig.  5a,  curve  3)  and  with  PU  (Fig.  5a,  curve  4). 

Parameters  of  the  sensors  calibration  plots  -  linear  range  and 
sensitivity  -  were  the  focus  of  this  investigation.  Analysis  of 
these  two  parameters  of  the  sensor  response  is  appropriate  using 
the  electrochemical  Eadie—Hofstee  coordinates:  response  vs. 
sensitivity.  This  plot  is  based  on  the  linearization  of  Michaelis™ 
Men  ten  equation  when  reaction  rates  are  substituted  with 
steady-state  current  fluxes: 

h  =  ^s““  “  ^M*»(/s/Cg)  (2) 

Here  Is  is  the  steady-state  current  of  the  electrode  (ampero- 
metric  signal),  Cg  is  the  concentration  of  glucose  [so  that  (/s/Cg) 
gives  the  sensitivity],  is  the  apparent  Michaelis-Menten 
^nstant  of  the  enzymatic  reaction  (Eq.  1),  and  is  the 
intercept  on  the  current  axis. 

It  can  be  seen  from  Equation  2  that  in  the  case  when  the 
enzymatic  reaction  is  the  rate  controlling  process  (kinetic  control) 
the  response-sensitivity  dependence  is  linear  with  negative  slope 
•  This  means  that  the  response-concentration  dependence  is 
hyperbolic  (not  linear  in  any  concentration  range). 

Diffusion  limitation  of  the  overall  processes  occurring  on  the 
electrode  resulted  in  a  strong  linearity  of  the  signal-concentra¬ 
tion  dependences  (calibration  plots)  following  the  equation: 

h=nFAD^(C^-C,)/L^  (3) 

Here  n  is  the  number  of  electrons  exchanged,  A  is  the 
electrode  surface  area,  D'^^is  the  effective  diffusion  coefficient  of 
the  substrate  in  the  membrane,  Lm  is  the  membrane  thickness, 
Cg  is  the  bulk  substrate  concentration  and  Co  is  the  surface  ' 


Fig.  5.  Amperometric  response  to  glucose  of  biosensors  based  on 
pyrolyzed  CoTMPP  catalytic  electrode  employing  different  polymer 
coatings  as  external  membrane:  1)  noncoatcd  sensor;  2)  sensor  coated 
with  CA;  3)  sensor  coated  with  PVC;  4)  sensor  coated  with  PU. 
a)  calibration  plots  of  the  biosensor  in  glucose  buffer  solution;  b)  Eadie- 
Hofstee  plo  t  of  the  data  from  (a);  c)  protocols  of  the  biosensors  response 
to  consecutive  additions  of  glucose  (moments  of  the  glucose  addition  are 
shown  by  arrows). 

substrate  concentration.  When  the  electrode  polarization  is 
sufficiently  high  and  the  enzymatic  reaction  is  fast  compared  to 
diffusion  (diffusion  control),  then  Co  =  0  and  the  amperometric 
response  is  directly  proportional  to  the  substrate  (glucose) 
concentration. 

In  Eadie—Hofstee  coordinates  this  dependence  is  shown  by  a 
vertical  line  parallel  to  the  current  axis.  Most  real  cases  are 
characterized  by  mixed  diffusion  and  kinetic  control  of  the 
processes. 
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Presentation  of  the  experimental  data  from  Fig.  5a  in  Eadie- 
Hofstee  coordinates  is  given  in  Fig.  5b.  It  can  be  seen  that  the 
curves  obtained  with  the  noncoated  sensor  (Fig.  5b,  curve  1)  as 
well  as  those  obtained  with  sensors  coated  with  CA  (Fig.  5b, 
curve  2),  PVC  (Fig.  5b,  curve  3)  and  PU  (Fig.  5b,  curve  4)  are 
complex  and  consist  of  at  least  two  parts:  the  first  part  has  a 
portion  with  constant  sensitivity  (vertical  lines)  and  a  linear 
portion  with  a  negative  slope.  These  plots  could  be  interpreted 
as  an  evidence  of  a  mixed  control,  predominantly  diffusion  at 
low  glucose  concentration  and  kinetic  control  at  higher  glucose 
concentration.  The  part  of  the  calibration  plots  from  Fig.  5a 
which  corresponds  to  the  vertical  portion  of  the  Eadie-Hofstee 
plot  of  the  same  data  in  Fig.  5b  presents  the  linear  range  of  the 
sensor  response  to  glucose. 

The  biosensor  with  no  external  polymer  layer  shows  a  linear 
dependence  of  the  response  to  ^ucosc  concentration  up  to 
13mM.  The  sensor  with  CA  coating  demonstrates  linear 
response  up  to  16mM  glucose,  while  the  PVC  coated  sensor 
has  a  linear  range  up  to  22  mM  glucose.  The  largest  linear  range 
obtained  with  a  single  polymer  coating  is  in  the  case  of  PU 
membrane,  up  to  27  mM  glucose.  The  linear  dependence  of  the 
sensor  response  to  glucose  concentration  in  case  of  an 
noncoateduncoated  sensor  is  probably  due  to  the  properties  of 
the  enzyme-Nafion  immobilization  matrix,  which  acts  as  a 
diffusion  membrane.  An  additional  contribution  to  this  might 
be  provided  by  the  roughness  of  the  tablet  surface.  Polymer 
coating  over  the  enzyme-Nafion  layer  act  as  a  glucose  diffusion 
membrane  which  results  in  the  increase  of  the  linear  range  of  the 
sensor  response. 

It  can  be  seen  from  Fig.  5a  and  b  that  the  increase  in  the  linear 
range  of  the  sensors  response  is  associated  with  a  decrease  in  the 
sensor  sensitivity.  Sensitivity  of  the  noncoated  sensor  is 
approximately  12  nA/mM.  Sensors  with  CA  coating  demon¬ 
strate  a  slope  of  the  linear  portion  of  the  calibration  plot  of  6.7 
nA/mM.  Sensitivity  of  the  PVC-coated  sensor  is  5.2  nA/mM 
and  for  the  PU  coated  sensor  sensitivity  is  2.7  nA/mM. 

In  all  cases,  however,  except  for  the  PU-coated  sensor,  the 
linear  portion  of  the  Eadie-Hofstee  plots  have  the  same  slope, 
demonstrating  an  average  A^Mapp  of  19.35  mM  ±1.83  mM 
(standard  deviation).  The  value  of  the  /^Mapp  remains  unaffected 
by  the  polymer  coating  suggesting  that  it  is  a  characteristic  of 
the  enzyme  deposited  (adsorbed)  on  the  catalytic  layer  in  the 
Nafion  matrix. 

In  the  case  of  PU  polymer  coating  (Fig.  5a,  curve  4)  the  sensor 
signal  depends  linearly  on  glucose  concentration  up  to  its  level 
of  saturation.  This  level,  however,  is  far  lower  (by  a  factor  of  5) 
than  the  saturation  level  of  the  noncoated  sensor  (Fig,  5a,  curve 
1).  This  could  be  a  result  of  some  partial  loss  of  enzyme  activity 
during  the  treatment  of  the  sensor  with  THF  polymer  solution, 
or  it  might  be  due  to  transport  hindrances  for  glucose  in  the  PU 
membrane. 

The  response  time  (estimated  as  time  to  reach  95%  of  the 
steady-state  value  of  the  current  signal)  is  also  affected  by  use  of 
different  polymer  coatings.  Fig.  5c  presents  typical  protocols  of 
the  current  transients  for  the  four  sensors  (from  Fig.  5a)  during 
the  calibration  test.  It  can  be  seen  that  the  response  time  of  the 
sensor  does  not  depend  on  concentration  when  the  sensor 
operates  within  its  linear  range.  The  response  time  in  this  case  is 
a  function  of  the  concentration  step-change  only.  The  response 
time  (for  a  concentration  step-change  of  2,2  mM)  for  the 
noncoated  sensor  is  5-10  s.  (Fig.  5c,  curve  1).  For  the  sensor 
with  CA  coating  it  is  approximately  15  s.  (Fig.  5c,  curve  2)  and 
for  the  sensor  coated  with  PVC  this  time  is  about  30  s.  (Fig.  5c, 
curve  3).  A  glucose^  sensor  coated  with  a  PU  polymer  layer 
demonstrates  a  response  time  of  up  to  2  min  (Fig.  5c,  curve  4). 


At  the  highest  glucose  concentrations,  when  kinetics  become 
rate  limiting  factor,  the  response  time  increases  with  increasing 
concentration  of  glucose. 

3.3.  Sensors  with  Cellulose  Paper  Membrane 

A  cellulose  paper  membrane  was  incorporated  into  a  sensor 
body  during  the  preparation  procedure  (Hg.  1,  process  d).  The 
sensor  with  a  mechanically  attached  (pressed  in)  paper 
membrane  was  tested  and  the  obtained  calibration  plot  was 
compared  with  a  that  of  a  sensor  without  membrane  or  polymer 
coating.  The  sensor  with  cellulose  paper  membrane  demon¬ 
strated  linear  dependence  of  the  araperomctric  response  vs 
analyte  concentration  up  to  approximatelyapproximatclly 
30  mM  glucose.  The  value  of  the  of  the  saturated  current 
signal  (at  high  glucose  concentrations)  obtained  with  the  sensor 
with  cellulose  paper  membrane  is  close  to  that  obtained  with  a 
sensor  with  no  external  membrane  (noncoateduncoated  elec¬ 
trode).  In  further  measurements  a  series  of  sensors  employing 
cellulose  paper  membranes  were  studied  (n  =  6).  The  membrane 
was  additionally  impregnated  by  diluted  CA  solution  in  acetone 
(2  %  w./v.)  by  dipping  the  already  pressed  assembly  in  the 
polymer  solution. 

Figure  6  presents  the  calibration  plots  of  a  glucose  biosensor 
from  this  series  before  (Fig.  6,  curve  1)  and  after  attaching  a 
cellulose  paper  membrane  (Fig.  6,  curve  2).  It  can  be  seen  from 
the  figure  that  the  sensor  with  the  additional  cellulose  paper 
membrane  has  a  linear  range  of  amperometric  response  to 
glucose  up  to  33  mM.  The  values  of  the  steady-state  current  at 
signal  saturation  (at  glucose  concentration  higher  than  40  mM) 
obtained  with  and  without  cellulose  paper  membrane  are 
practically  identical.  Linear  regression  equation  of  the  experi¬ 
mental  data  (Fig.  6,  curve  2)  can  be  expressed  as: 

/s(nA]  =  (0.4  ±0.9)[nA]±  (7.35  ±0.27)[nA/mM]  x  Cg{mM] 

(4) 

The  correlation  coefficient  of  the  linear  regression  (A‘ )  is  0.998; 
/2  =  15  data  points  were  used,  which  gives  an  upper  limit  of  the 
linear  range  as  33  mM. 

Response  time  of  the  biosensors  with  cellulose  paper 
membranes  (when  the  glucose  concentration  step-change  is 
2.2  mM)  is  about  20  s.  and  was  independent  of  the  glucose 
concentration  over  the  entire  range  of  investigated  glucose 


Fig.  6.  Calibration  plots  of  the  biosensor  response  lo  consecutive 
additions  of  glucose  for  the  noncoated  biosensor  (1)  and  for  ihe  same 
biosensor  after  incorporating  a  cellulose  paper  membrane  (impregnated 
with  CA)  in  the  enzyme  electrode  (2). 
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concentrations  (up  to  45  mM).  Value  of  the  amperometric 
response  of  the  sensor  to  glucose  (the  anodic  current)  does  not 
depend  on  the  speed  of  stirring  (agitation  in  the  measuring  cell) 
and  coincides  with  the  current  response  obtained  in  non- 
agitated  samples.  Hence  boundary— layer  effects  do  not  affect 
the  sensor  response. 

The  cellulose  paper  membrane  acts  as  a  matrix  for  the 
electrolyte  immobilization.  It  provides  suffident  diffusion 
limitation  to  the  mzlyte  flux,  avoiding  the  blocking  effect  of 
the  polymer  coatings.  Immobilization  of  the  solution  causes 
signal  independence  from  agitation.  As  a  result  this  type  of 
sensors  demonstrates  the  largest  upper  limit  of  the  linear  range 
combined  with  sufficient  sensitivity  and  low  response  time. 

3.4.  Reproducibility  of  the  Sensor  Response  and  Life-Time 
Performance 

The  reprodudbility  of  the  response  of  the  sensors  was  tested 
by  varying  the  glucose  concentration  in  the  measuring  cell 
alternatively  between  two  levels  of  glucose  concentration  with 
step-changes  of  2,8  mM  between  2.8  mM  and  5.6  mM,  and  with 
step  changes  of  5.6  mM  between  5.6  mM  and  11.2mM,  The 
sensors  monitored  the  glucose  level  in  the  cell  for  2h  between 
concentration  changes.  Continuous  testing  for  at  least  five  days 
was  performed;  overnight  sensors  were  left  operating  at  the 
lowest  glucose  concentrations.  It  is  found  that  for  every  level  of 
glucose  concentration,  the  sensor  response  attained  the  same 
amperometric  signal  value  within  an  acceptable  ±  2.5  %  error 
limit.  The  response  time  of  each  type  of  the  investigated  sensors 
at  the  concentration  step-change  of  5.6  mM  is  approximately  3.5 
times  higher  than  that  estimated  with  the  concentration  step- 
change  of  2.2  mM  during  the  calibration  tests  (sec  Fig.  5c). 
There  is  no  observable  difference  between  the  response  times 
measured  for  increasing  concentration,  or  for  decreasing 
concentration. 

During  the  described  reproducibility  tests  the  sensor  opera¬ 
tion  life-time  was  estimated.  Sensors  were  used  in  continuous 
monitoring  of  glucose  concentration  ranging  from  2.8  to 
11.2mM  (which  covers  the  interval  of  physiological  glucose 
levels)  for  approximately  one  week,  and  they  demonstrated  no 
significant  decrease  of  the  sensor  signal.  During  the  second  week 
of  continuous  operation,  the  signal  of  all  types  of  sensors  began 
to  decrease  and  the  tests  were  terminated  when  the  signal  value 
reached  30  %  of  the  initial  value. 

The  storage  (shelf)  life-time  of  the  sensors  (at  4®C)  was 
studied  by  periodically  obtaining  sensor  calibration  plots. 


Fig.  7,  Dependence  of  the  sensor  sensitivity  vs.  time  of  the  sensor  storage 
in  blank  phosphate  buffer  at  4°C  for:  1)  noncoated  sensor;  2)  sensor 
coated  with  CA;  3)  sensor  coated  with  PVC;  4)  sensor  coated  with  PU; 
5)  sensor  with  cellulose  paper  membrane  impregnated  with  CA. 


Figure  7  presents  the  dependence  of  the  sensor  sensitivity  on 
the  storage  time  for  all  types  of  the  sensors  investigated.  Data 
presented  are  the  average  values  of  the  slopes  of  the  linear 
portion  of  the  calibration  plots  for  four  independently  tested 
sensors  from  each  type.  The  starting  point  of  the  time  axis  is  the 
day  of  sensor  fabrication  from  the  tablet.  Between  the 
calibration  plot  measuremente  the  sensors  were  kept  (stored) 
in  0.1  M  phosphate  buffer  solution  at  4  ®C  The  results  presented 
in  Figure  7  show  that  the  sensiti>dty  of  the  sensors  remain 
practically  constant  for  up  to  one  month  of  storage  (within  10  % 
to  15  %  of  the  initial  value)  for  all  types  of  sensors.  The  decrease 
of  the  sensor  sensitivity  during  the  further  storage  is  probably 
caused  by  either  the  loss  of  enzyme  activity  or  desorption  of 
GOD  from  the  enzyme-Nafion  layer. 


4.  Conclusion 

The  results  presented  show  that  a  nonplatinum  catalytic 
hydrogen  peroxide  oxidizing  electrode  can  be  used  successfully 
in  a  needle-type  glucose  biosensor.  The  proposed  technique  for 
enzyme  electrode  preparation  from  a  pressed  multilayer  carbon 
black  tablet  provides  the  possibility  to  improve  the  reproduc¬ 
ibility  of  the  sensor  parameters  within  a  set  of  sensors.  By 
employing  different  polymer  coatings,  the  linear  range  of  the 
sensor  response  to  glucose  is  extended  up  to  27  mM  glucose  (PU 
coating).  The  use  of  a  cellulose  paper  membrane  extended  the 
linear  range  of  sensors  up  to  33  mM  without  noticeable  decrease 
in  sensor  sensitivity  and  signal  amplitude.  The  sensors 
demonstrate  stable  signal  response  for  up  to  5  days  of 
continuous  monitoring  in  phosphate  buffer  within  the  physio¬ 
logical  concentration  range  of  glucose.  Shelf  life-time  of  the 
sensors  is  estimated  to  be  about  one  month  when  stored  in 
phosphate  buffer  at  4  ®C. 
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ABSTRACT 

In  this  study  we  report  the  development  and  experimental  evaluation  of  a 
miniature  Stober  glass-coated  enzyme  electrode  for  glucose  biosensor  applications. 
The  enzyme  -  glucose  oxidase  -  is  chemically  immobilized  onto  the  surface  of  the 
StbbCT  gjass  beads  after  a  silanization  procedure.  The  sensors  were  fabricated  using 
glass  beads  of  different  radii  ranging  from  20  nm  to  KX)  nm.  The  overall  thickness 
of  the  glass  coating  was  about  1.4  }4m  in  all  cases.  Initial  calibration  curves  of  the 
electrodes  show  an  increase  in  the  response  value  with  decrease  in  the  bead  radius. 
Life-time  evaluation  tests,  however,  demonstrate  a  different  behavior  of  the 
electrodes.  At  the  end  of  a  50  day  test,  the  electrode  with  bead  radius  of  70  nm 
remained  most  stable.  The  response  of  this  electrode  was  stable  over  this  period  of 
time  and  no  apparent  decrease  in  its  sensitivity  was  observed.  This  study  suggests 

that  there  may  be  a  relation  between  the  immobilized  enzyme  stability  and  the 

I 
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temperatures  involved  in  the  preparation.  Avnir  et  aP  demonstrated  that  it  is 
possible  to  immobilize  organic  compounds  in  inorganic  supports  by  introducing  the 
<Hganic  compounds  with  the  polymerization  precursors.  Indeed,  this  new  class  of 
organic-inorganic  materials  has  found  a  plethora  of  diagnosticio  and  other 

ai^licatitxisU.  Braun  et  al  demonstrated  the  possibility  of  protein  immoHlization 
in  sol-gd  silica  matrices. 

Enzyme  immobilization  on  sol-gel  silica  supporting  matrix  can  be  by 
adsorption,  entrapment,  or  cross-linking.  Much  of  the  work  has  used  the  physical 
entrapment  method.  Several  leading  research  groups  in  this  field^.i  1.13.14  have 
used  cyclic  voltammetry  to  study  the  activity  of  GOD  doped  within  a 
tetramethoxysilane  (TMOS)  -  derived  sol-gel  matrix.  In  this  scheme  the  sol-gel  was 
doped  with  GOD  and  a  mediator,  hydroxymethyl  ferrocene.  This  mixture  was  then 
coated  onto  die  distal  end  of  a  glassy  carbon  electrode.  Enzyme  activity  was 
estimated  to  be 70-80%  in  the  fresh  polymeric  silica  sol,  but  no  information  on  the 
activity  as  the  coating  aged  was  provided.  Glezer  et  al  15  reported  a  new  class  of 
enzym®  electrodes  made  of  conductive,  porous  vanadium  pentoxide  prepared  by  the 
sol-gel  doping  procedure.  Cyclic  voltammetry  was  used  as  the  mode  of  detection 
for  glucose.  The  metrological  characteristics  of  the  vanadium  oxide  biosensors  such 
as  the  range  and  sensitivity  of  detection  are  similar  to  those  of  commercial  glucose 
electrodes.  Saturation  of  signal  was  observed  beyond  10  mM  B-D-glucose.  The 
calibration  curve  of  the  vanadium  pentoxide  biosensor  was  stable  during  prolonged 
storage,  and  tire  electrode  did  not  lose  any  activity  during  10  days  of  storage  at  4  C. 
Tsionsky  etal^^  introduced  sol-gel-derived  ceramic-carbon  composite  electrodes. 
These  electrodes  are  rigid,  porous,  easily  modified  chemically  and  have  a  renewable 
external  surface.  The  electrodes  offer  higher  stability  than  carbon  paste  electrodes, 
and  are  more  amenable  to  chemical  modification  than  monolithic  and  (organic) 
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carbon  electrodes.  Tatsu  el  a/n  prepared  tetraethoxysilane  (TEOS)  -  based  sol  gel 
monoliths  doped  with  GOD  and  repotted  on  their  petfotmance  as  glucose-senstng 
elements.  In  a  now  iniosdon  analysis  scheme,  the  monolith  W  sensor  exhibited 
a  peak  response  time  on  the  order  of  4  min. 


Saturation  of  the  signal  response  was 


observed  over  400  mg/dL.  and  the  GOD  activity  was  shown  to  vant  over  ttme, 
depending  on  the  actual  storage  tempereture.  With  increase  in  aging  temperature. 
*e  yield  increased  but  the  activity  decreased.  The  activity  of  die  entrapped  GOD 
was  found  to  be  20-fold  greater  when  stored  at  -20-C  compared  wtth  room 
temperature.  The  sol-gel-enoapsulated  GOD  was  reported  to  remain  active  for  at 
least  2  months  when  stored  desiccated  at  4  C. 


Dvorak  &  Armond  ts  described  some  examples  of  electrode  modiricanon  by 
a  sol-gel  silicon  dioxide  gel  film  doped  with  trisruthenium  (II)  chloride,  whtch 
retained  its  elecuochemical  activity  and  exhibited  an  anodic  photoeffecL  The 
comparison  of  photochemical  and  electrochemical  data  was  used  to  estimate  the 

active  fraction  of  the  encapsulated  complex. 

Bmun  «  nits  reported  on  the  properties  of  a  8  x  2  mm  disk  of  tetramethyl 

orthosilicate-derived  xerogel  doped  with  glucose  oxidase,  peroxidase,  and  a 
chromogenic  dye  for  detection  of  glucose.  This  disk-based  device  did  indeed 
respond  to  glucose,  but  informaUon  on  enzyme  activity,  stability,  detection  limits.  ‘ 


and  response  time  were  not  presented. 

The  approach  used  in  this  study  is  based  on  exploiting  chemical  reacuon 

between  primary  amino  groups  ftom  the  silanization  process  on  the  support  material 
and  the  amino  group  on  the  enzyme.  The  two  terminal  aldehyde  entities  of 
glutaraldehyde  cross-link  the  two  amino  groups  on  the  support  material  and  the 
enzyme.  In  this  reaction  water  is  eliminated  and  Schiff-base  type  of  bonds 


(RiN=CHRj)  are  formed; 
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-  HjO 

fSupportl-NHz +0HC-<CH2)3-CH0 - ^>ISupport]-N=CH-(CHi)3^0 

-Hjp 

pupport]-N=43I-{CH2)34^^ + HaN-pozyme] - >tSuppc)rt>ht<H-(ai2>j-CH:^-IEnq^ 

In  this  way,  the  glutaraldehyde  actually  acts  as  a  cross-linking  agent  which  fastens 
the  enzyme  chemically  to  the  solid  support  The  support  can  have  inherent  amino 
groups  as  in  the  case  of  Nylon,  or  have  some  added  by  suitable  pretreatment 
Thus,  silanization  with  3-amino-propyltriethoxysilane  is  often  used  for  the  glass 
bead  surface  preparations. 

RyPERIMENTAL 

Reagents  and  Materials 

Glucose  Oxidase  (GOD.  E.C.LL3.4.  activity  250  EU.mg-i.  from 
Aspergillus  Niger  was  from  Sigma  Chemical  Co.(St  Louis,  MO),  and  used 
without  further  purification.  Platinum  wires  of  0.127  mm  diameter  were  from 
Aldrich  Chemical  Co.,  Inc.  (Milwaukee,  WI).  3-Aminopropyltriethoxy  silane  , 
glutaraldehyde  (25%)  and  6-D(+)-Glucose  were  from  Sigma  Chemical  Co.,  the 
^  glucose  was  used  as  a  stock  solution  (20  g/L)in  phosphate  buffer.  All  other 
reagents  used  were  of  analytical  grade.  Distilled  water  was  used  in  all  the 
ejq)eriments. 

Blood  plasma  was  prepared  by  centrifugation  of  heparinized  fresh  bovine 
blood,  obtained  from  a  local  slaughterhouse.  Glucose  concentration  in  the  different 
plasma  samples  was  measured  by  standard  clinical  methods  using  a  B -Glucose 
Analyzer  (HemoCue  AB,  Angelholm,  Sweden). 
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Sensor  Preparation 

Halinum  wires  were  coated  with  a  layer  of  Stober  glass  beads  by  sol-gel 
technology  using  the  facilities  of  Sandia  NaUonal  Uboratoties.  The  pontus  Stdber 
glass  films  were  made  by  multiple  dip  coating  of  Pt  wires  according  to  a  previously 

published  method^.  After  each  dip  the  wires  were  eured  at  dOO'C  in  air.  The 
monodisperse  glass  spheres  were  made  by  the  Stsber  methotPi  and  maintained  in 
ethanol-water  (pH  1 1)  solutions.  Films  made  in  this  manner  have  a  very  high  free 


volume  and  porosity.  The  perceived  advantages  of  using  StOber  glass  films  for 
immobilizing  bioactive  molecules  such  as  enzymes  include  the  rigid  structure  of  the 
films,  strong  adhesion  to  the  sensor  surface  (both  pH  sensing  surfaces  like  SiN  an 
the  Pt  wires  have  been  fabricated),  and  high  potential  diffusion  constants  for  both 
reactants  and  products.  Other  films,  both  organie  polymers  and  inorganic  sol-gel 
matrices,  enmesh  the  biomolecules  in  a  gel  where  diffusion  constants  can  be 
lowered  by  factors  of  up  to  103 .  It  is  known  from  BET  type  porosity  and  suifaee 
area  measurements  that  Stdber  films  made  from  different  size  spheres  have  a  well 
defined  and  reproducible  porosity  of  37%.  which  is  larger  than  one  would  expect 

from  close  packing  of  the  spheres. 

Table  1.  gives  the  parameters  of  the  platinum  wires  coated  with  different 
sizes  of  Stober  glass  beads.  The  thickness  of  the  coating  layer  of  Stober  glass 
beads  in  every  case  is  close  to  1.4  ^m.  The  diameter  of  the  glass  beads  used  in  the 

experiments  ranged  from  20  nm  to  100  nm. 

Fig.  1  shows  SEM  photographs  of  the  Stober  glass  beads  layer  coated  on 

platinum  wires.  From  the  Figure  it  can  be  seen  that  the  bead  distnbution  becomes 

more  homogeneous  as  the  glass  bead  diameter  increases.  The  coatings  with  20  nm 

and  45  nm  Stober  glass  beads  on  the  platinum  electrode- surfaces  demonstrate  some 

cracks.  The  cracks  on  the  electrode  coated  with  20  nm  beads  are  larger  than  that 


observed  on  the  electrode  coaled  with  45  nm  Stober  glass  beads. 


.  ■ . 
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table  1.  Parameters  of  the  glass  beads  coated  on  the  platinum  electrode 


I^anietCT(iim) 

Thickness  (/an) 

Number  of  Coats 

20 

1.34 

6 

45 

1.84 

5 

70 

1.36 

5 

100 

1.48 

9 

> 

5 


Magnification:  x  30,000 


FIG.  1  SEM  micrographs  of  the  Stbber  glass  beads  coated  on  the  platinum 
electrode.  Glass  bead  radius  is  listed  on  the  right  upper  comer  of  each  of 
the  photographs 
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HO.  2  Schematic  of  the  glass-bead^coaled  glucose  enzyme  electrode 


The  cracks  on  the  surface,  if  not  eliminated,  would  result  in  a  manufaotunng 
process  that  would  not  yield  identical  biosensors.  Thereafter,  the  bare  platinum 
exposed  via  the  cracks  can  oxidize  other  substances  present  in  the  medium  and  | 
therefore  increase  interference  effects.  One  of  the  sensors  was  a  bare  platinum  wire 
and  was  used  as  a  control. 

Rg.  2  shows  the  schematic  of  the  electrode  construction.  The  electrode 
consists  of  a  platinum  wire,  a  Stober  glass  beads  coating  layer  on  the  platinum,  and 
the  outer  immobilized  enzyme  layer.  The  glass  coating  layer  has  two  effects;  it  acts 
as  a  support  and  matrix  for  the  enzyme;  it  can  be  a  banier  to  some  substances  that 
may  cause  disturbance  in  the  signal. 

Silanization  was  utilized  to  prepare  the  StiJber  glass  beads  and  the  platinum 
wire  surfaces  to  bond  with  glutaraldehyde.  Solution  of  3-aminopropytriethoxy 
silane  (0.2  mL)  in  distilled  water  (2  mU  to  give  a  10%  v/v  solution)  was  prepared. 
The  pH  was  adjusted  to  4. 1  using  hydrochloric  acid  (HCl)  solution.  This  mixture 
was  subsequently  placed  into  a  small  vial  and  the  five  electrode  immersed  into  the 
vial.  They  were  kept  in  an  oven  at  SO'C  and  shaken  every  fifteen  minutes  for  three 
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hours.  The  sensors  were  rinsed  completely  in  distilled  water  and  then  dried  at 
120*C  for  three  hours.  The  wires  were  stored  in  the  refrigerator  for  24  houre. 

Immobilization  was  accomplished  by  first  creating  a  layer  of  ^utaraldehyde 
bonded  to  the  silanized  electrode  surface.  A  2.5%  glptaraldehyde  solution  was 

made  with  27  raL  distilled  water  and  3  mL  of  25%  glutaraldehyde.  Immobilization 
was  accomplished  by  immersing  the  wire  in  the  glutaraldehyde  solution, 

continuously  stirred,  for  one  hour  at  room  temperature.  The  wires  were  then  rinsed 
with  water  for  one  hour  at  room  temperature  after  that  the  electrodes  were  immersed 
in  the  enzyme  solution.  The  enzyme  solution  was  prepared  with  80  mg  of  glucose 
oxidase  in  2  mL  phosphate  buffer  of  pH  7.4.  The  wires  were  left  in  the  enzyme 
solution  overnight  at  4*C  to  allow  immobilization  onto  the  glass  layer. 

Apparatus  and  Procedure 

A  three-electrode  electrochemical  cell  was  used  to  test  the  sensors.  This 
system  used  a  bare  platinum  electrode  as  a  counter  electrode,  the  glass  coated 
enzyme  electrode  as  a  working  electrode,  and  a  silver/silver  chloride  electrode  as  a 
reference  (standard)  electrode. 

Cyclic  voltammetry  and  constant  potential  amperometry  experiments  were 
performed  using  a  potentiostat  (Bipotentiostat  Model  AFCBPl  Pine  Instruments 
Co.,  Grove  City,  PA)  which  was  connected  to  a  recorder  (  Model  200  XY 
Recorder,  The  Recorder  Company). 

Experiments  were  carried  out  in  a  thermostated  electrochemical  cell  with  a 
volume  of  25  mL.  The  concentration  of  solution  in  the  cell  was  varied  by 
consecutive  additions  of  glucose.  Phosphate  buffer  solution  (pH  7.4)  was  used  as  a 
supporting  electrolyte.  During  the  experiments  the  solution  in  the  cell  was 

continuously  agitated  by  a  magnetic  stiixcr. 
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RESULT  AND  DISCUSSION 

Cyclic  voltammograms  were  obtained  in  order  to  estimate  a  working 

potential  for  the  prepared  electrodes.  The  cyclic  voltammograms  recorded  at  several 

glucose  concentrations  showed  an  increase  of  the  current  in  the  potential  range  of 
hydrogen  peroxide  oxidation.  This  indicates  that  the  biosensing  mechanism  is  via 

hydrogen  peroxide  oxidation  (generated  by  enzyme  oxygen  reduction).  In  glucose 
solutions,  a  significant  increase  of  the  anodic  current  at  potentials  more  positive 
than  +0.35  V  occurred.  In  these  cases  the  anodic  current  reached  an  observable 
plateau  at  potentials  more  positive  than  +0.55  V.  The  current  value  in  the  plateau 
range  increased  with  the  increase  of  the  glucose  concentration.  From  the  cyclic 
voltammetry  studies  a  working  potential  of  +0.6  V  was  chosen,  and  all  sensors 
were  operated  polarized  at  this  potential  during  the  constant  potential  amperometry. 

Performance  of  The  Glucose  Sensors 

Fig.  3.a  shows  the  calibration  curves  obtained  initially  after  the 
immobilization  process.  From  the  Figure  it  can  be  seen  that  the  signal  depends  on 
the  size  of  the  glass  beads.  The  size  of  the  glass  beads  affects  the  surface  and  pore 
distribution  of  the  bead  matrix  and  hence  influences  the  amount  of  enzyme 
immobilized.  The  signal  amplitude  at  given  glucose  concentration  increases  with 
decrease  in  the  radius  of  the  beads  in  the  glass  coating  layer  from  100  nm  to  20  nm. 
Platinum  wires  which  had  no  glass  coating,  but  had  the  enzyme  immobilized  on  the 
silanized  surface  responded  with  the  largest  signal.  This  is  a  result  of  the  lack  of 
diffusion- barrier  for  the  diffusion  of  glucose  and  hydrogen  peroxide  to  and  from 
the  electrode. 

The  response  time  of  the  electrodes  (estimated  as  time  to  reach  95%  of  the 
steady  state  value  of  the  sensor  current  signal )  was  about  1.5  min.  This  time  was 
not  affected  by  llic  radius  of  llic  glass  bciids  in  the  coating  layer. 
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FIG.  3  (a)  Calibration  cui\'es  of  the  glucose  enzyme  electrodes  coated  with  Stdber 

glass  beads  with  different  radius:  non-coated  electrode  (1);  bead  radius  of 
20  nm  (2);  45  nm  (3);  70  nm  (4);  100  nm  (5).  Curves  correspond  to  the 
initial  tests  of  each  electrode. 

(b)  Eadie-Hofstee  plots  of  the  data  presented  on  Fig.  3.a. 


Fig.  3.b  shows  the  data  from  Fig.  3.a  in  the  Eadie-Hoftsee  coordinates 
(electixxle  signal  vs  sensitivity).  This  plot  is  a  linearization  of  the  Michaelis-Menten 
equation  and  it  can  be  used  as  an  e\-aluation  tool  for  enzyme  electrode  behavior.  It 
can  be  seen  from  Fig.  3.b  that  the  calibration  curves  data  (from  Fig.  3.a)  are 
linearized  to  fit  linear  dependencies  in  the  Eadie-Hoftsee  coordinates  characterized 
with  negative  slopes.  From  this  slopes  the  apparent  Michaelis  constant  of  the 
electrode  process  can  be  calculated.  The  slopes  of  the  Eadie-Hoftsee  plot  (Fig.  3.b) 
are  almost  the  same.  From  the  plot,  an  apparent  Michaelis-Menten  constant  of  130 
mg/dL  is  obtained.  Since  the  external  diffusion  of  glucose  is  fast  compared  to  the 
rate  of  the  reaction,  the  process  was  under  the  control  of  kinetics  of  the  reaction. 

The  sol-ncl  process?^  offers  many  strategies  for  the  preparation  of  inorganic 
materials  with  pore  si/es  in  the  range  appropriate  for  membranes  and  sensors,  and 
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GLUCOSE  CONCENTRATION,  mg/dL 


FIG  4  Calibration  curves  for  direct  electrochemical  (non-enzymatic  oxidation)  of 
glucose  on  electrodes  coated  with  Stober  glass  beads  with  different 
radius:  20  nm  (1);  45  nm  (2);  70  nm  (3);  100  nm  (4). 


allows  thin  films  to  be  fabricated  using  simple  procedures.  Although  the  deposition 
of  particulate  sols  appears  well-suited  to  the  preparation  of  the  inorganic 
membranes,  problems  associated  with  cracking,  phase,  and  grain  growth  so  far 
have  thwarted  attempts  to  prepare  defect-free,  supported  membranes  with  the  small 
pore  sizes  required  to  achieve  molecular  sieving.  These  techniques  need  further 
improvement. 

Direct  oxidation  of  glucose  on  the  platinum  surface  even  in  the  absence  of 
glucose  oxidase  can  be  another  reason  for  such  behavior.  The  increase  of  the 
oxidation  signal  of  the  electrodes  coated  with  100  nm  beads  was  higher  than  that 
for  the  electrodes  coated  with  20  nm  beads.  Because  of  the  surface  cracks  (seen  on 
Fig.  1),  glucose  will  contact  the  electrode  surface  and  more  easily  producing  a 
direct  oxidation  signal. 

Fig.  4  shows  the  calibration  curves  of  a  set  of  electrodes  similar  to  those 
shown  on  Fig.  3.a  but  with  no  immobilized  enzyme.  The  observed  current  signal  in 
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table  2.  Comparison  of  the  initial  sensitivity  of  the  electrodes  with  time 


Day 

1 

3 

5 

9 

14 

18 

35 

53 

Diameter 

(nm) 

1 

Initial  S^itivity  (nA.dL/mg) 

20 

14.8 

9.75 

8.75 

4.00 

3.75 

2.50 

3.00 

45 

10.0 

6.25 

5.25 

2.25 

1.75 

1.25 

LOO 

0.96 

70 

7.50 

6.50 

5.25 

5.25 

5.00 

5.50 

6.00 

4.00 

100 

5.75 

6.25 

4.25 

3.25 

3.00 

2.25 

2.00 

1.90 

this  case  is  due  to  direct  electrochemical  oxidation  of  glucose  on  the  electrode 
suiface.  Comparison  of  Fig.  3.a  and  Fig  .  4  illustrate  the  catalytic  effect  of  the 
en2yme  on  glucose  oxidation. 

Life  Time  of  the  Sensors 

Table  2  compares  the  sensitivity  of  the  electrodes  coated  with  Stbber  glass 
layer  with  different  bead  radii  as  a  function  of  the  storage  time.  From  the  Table  it 
can  be  seen  that  up  to  5  days  after  immobilization,  the  value  of  the  resp>onse  did  not 
change  dramatically.  The  electrodes  coated  with  20  nm  Stbber  glass  beads  showed 
the  highest  response  followed  by  that  with  45  nm,  70  nm  and  100  nm  Stbber  glass 
beads  in  the  coating  layer  respectively.  However,  2  weeks  after  immobilization,  the 
response  order  changed:  the  electrode  with  70  nm  Stbber  glass  beads  showed  the 
highest  response  signal,  followed  by  electrodes  coated  with  20  nm,  100  nm  and 
45  nm  glass  beads  in  that  order. 

Fig.  5  shows  the  life  time  cur\'es  of  the  sensors.  From  the  Figure  it  can  be 
seen  that  in  the  beginning  of  the  testing  period  the  response  of  the  electrodes 
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120  mg/dL  as  a  function  of  electrode  storage  time. 


decreased  quickly,  except  for  the  electrode  with  70  nm  Stober  glass  beads.  A 
possible  explanation  of  this  could  be  see  release  during  the  first  days  o 
experiments  of  enzyme  weakly  bound  to  the  glass  beads.  Deaettvauon  (potsonr 
of  the  platinum  working  electrode  surface  during  the  test  by  oxidation  products 
could  also  contribute  to  the  decrease  in  the  overall  electrode  sensitivity. 

After  10  days  the  responses  tended  to  betxrme  stable.  The  electrode  w.th  70 
nm  Stober  gla^  beads  demonstrate  the  most  stable  long-tem,  performance.  It  can 
be  seen  from  the  Rg.  5  that  the  signal  of  this  electrode  was  stable  over  a  50  days 
period.  The  response  sensiUvity  was  within  the  acceptable  limits  during  that  penod 
of  testing.  It  is  possible  that  the  electrodes  with  70  nm  bead  radius  offer  the 
optimum  porosity  and  surface  area  for  the  enzyme  immobilization.  On  the  other 
hand  the  electrode  with  20  nm  Stober  glass  beads  demonstrated  highest  initia 
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signal  values,  bu,  decreased  ,o  a  lowest  value  oT  the  response  during  the  fi«  week. 
This  is  probably  because  the  cracks  on  this  electrode  surface  were  the  largest. 
Hence,  the  banier  to  hydrogen  peroxide  and  glucose  was  smaller  than  that  of  other 
decwdes.  Also,  since  the  porosity  was  the  smallest  of  the  four  electrodes,  the 
enzyme  penetration  was  the  least  Therefore,  the  exposed  enzyme  on  the  surface  of 
beads  could  have  easily  been  washed  off. 

The  electrode  coated  with  Stober  glass  with  45  nm  bead  radius  showed  the 
second  greatest  decrease.  Hectrodes  coated  with  Stober  glass  with  beads  of  radius 
100  nm  were  more  stable  than  the  electrcdes  coated  with  20  nm  and  45  nm  beads. 
The  possible  reason  may  be  the  better  unifonnity  of  the  layer  and  porosity.  Frem 
the  data  we  can  see  that  the  best  porosity  for  enzyme  immobilizaUon  was  shown  by 
Ute  electrode  with  beads  radius  of  70  nm  .  The  change  in  Ure  order  of  response 
could  have  been  due  to  the  release  of  enzyme  into  the  bulk  solution  either  due  to 


poor  binding  of  enzyme  onto  the  matrix,  or  due 


layer. 


to  the  cracks  in  the  glass  coating 


Mgagmementof  Glucose^o^  in  Piocwr. 

The  evaluation  of  the  enzyme  electrode  performance  in  blood  plasma  can  be 
-0  as  an  initial  interference  test.  A  calibraUon  curve  in  bovine  blood  plasma  is 
obtarned  by  a  procedure  similar  to  that  when  phosphate  buffer  solution  is  used  Ftg 
6  pre^nts  a  comparison  between  the  calibration  curve  in  bovine  blood  plasma 
(curve  2)  and  two  calibration  curves  in  phosphate  buffer  solution,  obtained  before 
(curve  I)  and  after  several  hours  of  operation  in  undiluted  blood  plasma  (curve  2) 
for  an  electrode  with  tea  radius  70  nm  .  The  calibration  curve  in  bovine  blood 
plasma  starts  from  a  concentration  of  glucose  of  113  mg/dL  (the  actual 
concentration  of  the  sample,  to  avoid  dilution.  An  extrapolation  of  the  calibration 
cunre  r„  blood  plasma  (the  par.  of  curve  2  shown  by  rhe  doucd  l.ne)  was  u.sed  for 
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FIG.  6 


2  after  several  hours  of  use  in  blood). 


the  estimation  of  glucose  concentration  lower  than  113  mg/dL.  Variation  of  the 
glucose  concentration  in  the  plasma  is  achieved  by  addition  of  small  aliquot 

volumes  of  glucose  stock  soluUon  to  avoid  dilution. 

Glucose  concentration  in  a  serum  sample  (glucose  level  113  mg/dL)  has 
been  monitored  by  the  enzyme  electrode  for  6  hours  (in  vitro)  with  no  noticeabl 
change  in  the  electrode  response.  During  the  following  12  hours  of  continuous 
glucose  monitoring  with  the  same  electrode  the  signal  decreased  by  15  %  of  its 
initial  value.  After  this  test  a  calibration  curve  of  this  electrode  in  phosphate  buffer 
glucose  solution  was  obtained  and  the  results  are  shown  on  Fig.  6  .  curve  3. 
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The  sensitivity  of  the  electrode  in  blood  plasma  decreases  by  about  15  % 
OTth  respect  to  the  initial  slope  of  the  calibration  curve  obtained  before  the  serum 
test  (compare  curves  1  and  2  in  Fig.  6). 

The  decrease  of  glucose  current  response  in  undiluted  serum  and  in 
phosphate  buffer  after  the  serum  tests  is  probably  caused  by  deposition  of  proteins 
from  the  plasma  onto  the  glass  bead  coated  electrode  surface.  This  deposition  can 
beconader  irreversible  because  the  electrode  properties  remain  practically  constant 
in  tests  (in  phosphate  buffer  or  in  blood  plasma)  afterwards.  It  can  be  hypothesized 
that  this  deposition  caused  an  increase  of  the  diffusion  limitation  of  dissolved 
oxygen  and  glucose  leading  to  a  decrease  in  the  current  signal. 

Several  whole  bovine  blood  samples  with  known  glucose  concentrations 
(measured  using  routine  clinical  methods)  were  obtained.  From  these  samples 
blood  plasma  was  prepared  by  centrifugal  separation.  The  amperometric  response 
d*  the  enzyme  electrode  with  bead  radius  70  nm,  to  the  glucose  levels  in  blood 
plasma  was  obtained  and  the  concentration  of  glucose  estimated  using  the  electrode 
odibration  curve  in  blood  plasma  (Fig.  6,  curve  2).  These  glucose  concentrations, 
measured  by  the  electrode,  are  shown  in  Fig.  7  together  with  the  data  for  the  same 
samples  measured  by  conventional  method.  The  correlation  between  the  two  sets  of 
measurements  is  characterized  by  the  slope  0.  896  with  a  regression  coefficient 
0.983  (number  of  samples  was  1 1). 

CONCLUSION 

The  glass-coated  needle-type  electrode  was  made  by  using  silanization 
followed  by  cross-linking  the  enzyme  onto  glass  beads  of  four  different  sizes:  20 
nm,  45  nm,  70  nm,  100  nm.  Of  the  four  electrodes,  the  electrode  coated  with 
Siober  glass  with  70  nm  bead  radius  show'ed  the  best  characteristics  in  stability  and 
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FIG.  7  Response  of  electrode  to  blood  plasma  glucose. 


sensitivity.  Preliminary  tests  of  the  enzyme  electrode  coated  with  70  nm  glass  beads 
in  undiluted  blood  plasma  suggest  that  biosensors  based  on  such  electrodes  can  be 
used  for  glucose  measurements  in  physiological  fluids.  Further  experiments  need  to 
be  performed  to  improve  the  performance  of  the  biosensor.  This  includes 
improvement  in  the  control  of  porosity,  surface  pretreatment  and  particularly 
avoidance  of  cracking  of  the  Stober  glass  layer. 
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Mathematical  Modeling  of 

an  Amperometric  Enzyme  Electrode  Based  on 
a  Porous  Matrix  of  Stober  Glass  Beads 


Abstract:  Tte  mathematical  model  of  a  glucose  sensor  based  on  the  amperometric 
detection  of  hydrogen  peroxide  using  immobilized  glucose  oxidase  (GOD)  has  been 
desctfeed.  In  this  sensor  GOD  is  immobilized  on  Stober  glass  beads  that  are  attached  to  a 
platinum  dectrode.  The  influence  of  the  bead  radius  (rb,  ranging  20  nm,  45  nm,  70  nm, 
100  nm  and  200  nm)  on  the  performance  of  the  s«isor  has  been  analyzed.  The  total 
<^ji7ytnft  conc^itration  defined  per  umt  interfedal  area  increases  directly  vnth  the  bead 
radius  and  the  effective  difiiismty  of  the  substrate  in  the  enzyme  layer  decreases  with 
inCTeasmg  bead  radius.  The  model  describes  approjdmate  analytical  solutions  for  the 
bdiaviour  of  the  system,  which  is  assumed  to  follow  the  Michaelis-Menten  scheme  of 
reactioiL  Two  distributions  of  the  enzyme  in  the  bead  layer  have  been  taken  into 
consideration  in  the  discussion.  Numerical  solutions  have  also  been  presented  to  give  a 
complete  picture  of  the  behaviour  of  the  system.  Comparison  of  numerical  solutions  and 
{^proximate  analytical  solutions  suggests  that  the  modd  is  consistent  in  the  r^?.ons  of 
approximations.  The  model  predicts  different  behaviour  of  the  system  on  dther  side  of  the 
critical  radius  (approHmately  26  nm).  The  process  is  essentially  dififirsion  controlled  for 
the  sensors  with  beads  of  radius  smaller  than  the  critical  radius  and  the  current  response 
of  the  sensors  in  this  case  increases  with  the  increase  in  bead  radius.  The  current  response 
of  the  sensors  with  beads  of  radius  greater  than  the  critical  radius,  decreases  with  the 
increase  in  bead  radius.  The  regime  of  operation  (  kinetic  control  or  diffiision  control )  for 
-this  case  depends  on  the  value  of  the  Thiele  modulus. 

Kcj'Avords:  Amperometric  Glucose  sensor.  Model,  Stober  glass. 


INTRODUCTION 

i 

The  development  and  analysis  of  a  madiematical  model  for  an  enzyme  electrode 
is  very  cmcial  to  the  understanding  of  the  behaviour  of  the  electrode.  Modeling  can 
help  improve  the  design  of  the  electrode  and  recognize  the  role  of  various  components 
involved  in  the  response  of  the  electrode  and  its  behaviour.  These  components  could  be 
the  enzyme  loading,  the  enzyme  activity,  enzyme  concentration  (Sakamoto,1992; 
Yokoyama  et  al  1991;),  thickness  of  the  membrane(Hameka  &  Rechnitz,  1983), 
method  of  immobilization(Lyons  a/  al.  1992),  diffusion  characteristics  of  the 
membiane(Hameka  &  Rechnitz,  1983;  Leypoldt  &  Gough,  1984;),  substrate 
concentrationCIlievataZ.  1992),  influence  of  the  mediator(Albery  at  a/.  1992),  kinetics 
of  the  enzyme  reaction  or  the  kinetics  at  the  electrode  surface  and  so  forth. 

Biosensors  most  frequently  consist  of  enzyme  electrodes  where  the  enzyme  is 
immobilized  on  the  surfece  of  the  electrode  or  in  a  membrane  surrounding  the  electrode. 
Glucose  sensors,  owing  to  their  wide  use  in  the  field  of  medicine,  are  the  most 
important  class  of  biosensors.  Amperometric  techniques  have  been  the  most  favoured 

method  employed  in  the  study  of  glucose  sensors . 

Amperometry  involves  measurement  of  the  current  when  a  constant  potential  is 
applied  between  the  working  electrode  and  the  reference  electrode.  This  current  is 
related  to  the  concentration  of  the  substrate  (analyte)  in  the  bulk  (sample)  solution. 
Frequently,  the  enzyme  glucose  oxidase  is  immobilized  on  the  surface  of  the  electrode 
in  a  glucose  biosensor.  This  enzyme  catalyses  the  oxidation  of  glucose  to 
gluconolactone  and  hydrogen  peroxide.  The  increase  in  concentration  of  hydrogen 
peroxide  or  the  decrease  in  concentration  of  oxygen  during  the  progress  of  the 
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enzymatic  reaction  can  be  monitored  amperometrically.  The  dependence  of  the  current 
on  the  analyte  concentration  is  used  for  sensor  calibration. 

Development  of  a  model  for  an  enzyme  electrode  or  a  sensor  involves  deriving 
equations  that  can  be  used  to  amulate  such  calibration  plots  and  make  clear  the  lole  of 
various  components  involved  in  the  working  of  the  sensor.  Modeling  of  a  sensor 
involves  describing  the  reaction  sch^e,  analyzing  tiie  geometry  of  the  syston, 
describing  the  process  by  setting  up  equations,  making  model  ^pro:dmations  and 
finally  solving  the  equations  to  express  the  unknowns  in  terms  of  the  knowns.  The 
accuracy  of  the  model  will  however  depend  on  the  degree  of  approximation  and  the 
validity  of  the  approximations. 

Typically,  a  model  would  involve  setting  up  of  differential  equations  or 
difference  equations  or  other  forms  of  representation  depending  on  the  type  of  the 
model  employed.  The  model  can  contain  erqjlicit  solutions  (Hameka  &  Rechnitz,  1981; 
Iliev  et  al.  1992;  Leypoldt  &  Gough,  1984;)  or  numerical  methods(Hameka  &  Rechnitz, 
1983;  Tetsu  et  al.  1992;  Yokoyama  et  al.  1992;  Yokoyama  et  al.  1991).  Some  work 
(Bartlett  &  Pratt,  1993;  Schulmester,  1990;)  on  modeling  throw  light  on  the  techniques 
involved. 

This  paper  describes  the  development  of  a  model  to  analyze  the  performance  of 
a  glucose  sensor  with  immobilized  GOD  enzyme.  The  enzyme  is  immobilized  on  sol- 
gel  derived  Stober  glass  beads  that  are  attached  to  a  platinum  electrode.  Five  different 
sizes  of  the  beads  (  20  nm,  45  nm,  70  nm,  100  nm,  200  nm )  have  been  considered  in 
the  study.  The  model  seeks  to  evaluate  the  performance  of  the  sensor  as  a  function  of 
the  bead  radius. 
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COMPUTATIONAL  METHODS 


The  numerical  solutions  for  the  differential  equations  were  obtained  usmg  a 
finite  difference  method.  In  this  finite-difference  method,  the  derivatives  were  replaced 
by  the  central  difference  ^pioximations  obtained  firom  tiie  difference  between  Taytor  s 
forward  and  backward  difference  approximations.  A  series  of  equations  involving  the 
independent  and  dependent  variables  were  later  set  up.  The  range  of  the  mdependent 
variable  was  divided  into  four  equal  intervals.  These  equations  were  solved  by  running  a 
program  on  the  software  package  ‘Mathematical  -  [  Version  2.2  of  the  Wolfiram 

Research  Inc.,  U.S.A.  ]  on  a  Macintosh. 

THE  MODEL 


Reactions 

The  enzyme  glucose  oxidase  catalyses  the  reaction  of  glucose  and  oxygen  giving 
hydrogen  peroxide  and  gluconolactone  as  given  below.  In  the  system  described,  tiiere 

are  no  artificial  mediators. 

The  reaction  scheme  is  as  follows: 


p-D-GluCOSe  +  GOD(„idi,ed  state) - >  Gluconolactone  +  GOD(re<iuced  state)  (1) 

GOD(reduced  state)  +  OxygCU  - >  HjOj  +  GOD(oxidised  state)  (^) 

The  overall  reaction  is  thus. 


GOD 

Glucose  +  O2 - Gluconolactone  +  HjO^ 


(3) 


The  reaction  mechanism  for  the  above  reacting  system  (Reactions  (1),  (2)  and 
(3))  is  given  by  the  ping-pong  bi-bi  mechanism  for  two  substrates  (Schulmester,  1990) 


and  the  rate  of  the  reaction  (rate  of  disappearance  of  the  substrate  (glucose))  is  given 
by: 

Rate  =  -k(El/((K^Sl)  +  (Ko2a02l)  +  l)  (4)  where 

k  -is  tile  rate  constant  of  the  oizymadc  reaction, 

[E]  -is  the  total  enzyme  concentration  in  the  bead  layer, 

IS)  -  is  the  substrate  concentration  in  the  layer, 

K„  -  is  the  Micahelis-Menten  constant  for  the  substrate(  glucose  ), 
m  -  is  the  concentration  of  oxygen  and 

Ko2  -  is  the  Michaelis-Menten  constant  of  the  other  substrate.  Oxygen. 

The  rate  of  r^ppearance  of  hydrogen  peroxide  will  be  the  same  as  above,  but  with 
a  positive  sign.  The  hydrogen  peroxide  produced  is  oxidized  on  the  surface  of  the 
electrode  (Pt)  as  follows: 

Platinum 

H2O2  - — - >  2¥t  +  O2  +  2e'  (5) 

The  model  describes  a  glucose  sensor  that  is  based  on  the  amperometric 
detection  of  hydrogen  peroxide  produced  in  the  enzymatic  reaction.  The  flux  of 
hydrogen  peroxide  at  the  surfece  of  the  electrode  is  used  to  Imk  the  current  measured 

and  the  substrate  concentration  in  the  bulk. 

Fig.  I  is  a  schematic  of  the  platinum  electrode  and  the  arrangement  of  glass 
beads.  The  enlargement  illustrates  the  Stober  glass  beads  attached  to  the  electrode  and 
the  assumed  close  packed  hexagonal  structure.  Glucose  (substrate)  diffuses  from  the 
bulk  (at  R=l)  and  reacts  with  the  enzyme  (GOD)  in  the  enzyme  layer  of  thickness  L. 


4 


This  is  a  typical  reaction-diffusion  phenomenon.  Hydrogen  peroxide  produced  in  the 
reaction  reacts  at  the  electrode  surface  (R=0)  according  to  reaction  (5),  giving  off 
electrons.  The  flux  of  hydrogen  perojdde  at  the  surface  of  the  electrode  (R=0)  is  related 

to  tiie  current  measured. 

The  electrode  system  described  here  has  a  cylindrical  geometry  (Pig.  1).  It  is 
assumed  that  there  is  axial  symmetry  and  that  there  is  no  concentration  variation  along 
the  z-direction.  The  development  of  transport  equations  for  the  substrate  and  H2O2  iu 
the  enzyme  layer  leads  to  the  following  equations  in  cylindrical  coordinates  under 

steady  state  conditions. 

Ds[  d"[S]/dr"  +  (l/r)(d[Sl/dr)  ]  =  k(El/[  (KJ[S]  +  (K02/IO2I)  +  U  (6) 
Dh  [  d^[Hl/dr^  +  (l/r)(d(Hl/dr)  ]  =  -  k  (£]/[  (K,„/[S1  +  (K02/IO2I)  +  11  (^) 

Ds  and  Dr  are  the  effective  difiusivities  of  the  substrate  and  hydrogen  peroxide 
respectively  and  {HI  is  the  concentration  of  hydrogen  peroxide.  The  imderlying 
assumptions  are : 

1 .  The  concentration  of  oxygen  [O2]  in  the  system  is  high  enough  so  that  the 
change  in  its  concentration  due  to  the  consumption  in  the  reaction  can  be 
neglected. 

2.  The  rate  equations  in  equation  (4)  is  approximated  to  the  Michaelis-Menten 
equation 


Ratc  =  k{EHSl/(K„,  +  {SD 


(8) 


This  happens  when  (  Kn,/[S1  +  1  )  »  Ko2/[02l  • 

3 .  The  Stober  glass  beads  are  arranged  in  a  regular  hexagonal  closed-packed 

The  Enzyme  Layer 

This  is  the  layer  of  thickness  L  surrounding  the  electrode  and  containing  glucose 
oxidase  immobilized  on  Stsber  glass  beads  (Fig.  1).  This  layer  of  glass  beads  is  treated 
as  a  medium  (porous  matrix)  by  itself  and  the  following  analysis  used. 

As  could  be  seen  fiom  equation  (6),  Ds,  the  effective  dififusivity  of  substrate  in 
this  medium  of  beads  and  [E],  the  tot^  enzyme  concentration  need  proper 
interpretation  and  evaluation  as  they  are  dependent  on  the  parameters  of  the  bead  layer, 
especially  the  bead  radius. 

Enzyme  Concentration 

The  term  [EJ  in  equation  (6)  is  in  fact  the  enzyme  concentration  per  unit  volume 
of  the  reacting  syst«n  and  in  this  model,  it  has  been  adapted  to  suit  the  nature  of  the 
electrode  system.  Essentially,  the  enzyme  concentration  that  vtill  be  used  in  this  model 
is  the  concentration  per  unit  interfacial  area  of  the  packing,  since  the  latter  is  an  intrinsic 
property  depending  on  the  particular  type  of  packing.  Hence,  we  introduce  another  term 
a,  the  interfacial  area  per  unit  volume  of  the  packing.  The  enzyme  concentration  varies 
linearly  with  the  bead  radius. 

Effective  Diffusivify 

The  presence  of  beads  in  the  layer  offers  resistance  to  diffusion  of  substrate  and 
this  decreases  the  diffusivity  of  the  substrate  in  the  layer  (Ds)  compared  to  the 
diffusivity  in  the  bulk.  Ds  is  a  function  of  bead  radius  and  packing.  A  general  equation 
describing  this  given  by  (Satterfield,  1970) 
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Dcir  ~  I^mtdia  (  ) 


(9) 


where  s  is  the  volume  porosity  and  x  is  the  tortuosity  of  the  packing.  Of  these,  the 
volume  porosity  is  a  function  of  the  packing  only  and  the  tortuosity  is  also  a  fonction  of 
bead  radius.  Based  on  the  geometrical  considerations  of  the  hexagonal  packing  and 
using  the  fact  that  the  thickness  of  the  bead  layer  is  much  less  than  the  diameter  of  the 
electrode,  a  simple  relation,  has  been  derived, 

-  D„.„.  (2  L)  («/r,)(s)  ((3)'“  -  Wm  ©“  ’'1 

where,  L  is  the  thickness  of  the  enzyme  layer  and  r,.  is  the  radius  of  the  bead  and 
is  the  dififiisivity  of  the  substrate  in  the  medium  of  glass  beads  and  D„e<iia  is  the 
diffiisivity  of  the  substrate  in  the  bulk.  Fig.  2  Ulustrates  this  relation.  This  figure  is  a 
graph  of  equation  (10)  showing  the  variation  of  the  effective  diffiisivity  with  the  bead 
radius.  Based  on  the  discussion  so  far,  it  is  clear  that  the  modified  form  of  equation  (6) 
which  is  relevant  is 


Ds[d^[S]/dr^  +  (1/r)  (d[Sl/dr)  ]  =  ka[El[Sl/(Km  +  [SD  0^) 

a  being  the  interfacial  area  per  unit  volume  of  the  packing.  The  following  paragraphs 
present  a  simple  analysis  of  equation  (11).  It  should  be  noted  that  equation  (7)  can  be 

modified  to  yield 

Dh  I  d^(Hl/dr^  +  (1/r)  d[H]/dr  ]  =  -k  a  [E]  [Sl/(  Kn,  +  [S]  )  (12) 

On  solving  these  two  equations  simultaneously,  the  current  measured  is  related 
to  the  flux  of  H2O2  at  the  surface  of  the  electrode  and  hence  to  the  concentration  of  the 
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analyte  in  the  bulk.  This  involves  application  of  certain  boundary  conditions  as  in 
Appendix  A. 

Approximate  Model 

An  e3q)li<at  analytical  solution  to  equation  (11),  tiiougji  it  eadsts  ^emevej^ 
1980),  is  difficult  to  find  and  most  treatments  of  such  a  nonlinear  equation  involve 
numerical  solutions.  Solution  to  equation  (11)  in  rectangular  coordinates  and  one 
dimensional  approximation  (Hameka  &  Rechnitz,  1981)  also  has  been  derived  only  for 
cert^  approximate  conditions.  A  satisfactory  treatment  of  such  reaction-diffusion 
systems  be  found  elsewhere  (Ovchinnikov  et  al.  1989).  The  basic  assumptions  for 
the  treatment  in  this  section  are: 

1  Eirzyme  is  distributed  homogeneously  in  the  enzyme  layer  i.e.  enzyme 
concentration  is  not  a  function  of  the  position  in  the  layer. 

2  Since  the  thickness  of  the  enzyme  layor  is  much  less  than  the  diameter  of  tiie 
electrode,  the  system  is  approximated  to  rectangular  coordinates,  i.e.,  to  one 
dimensional  variation  of  the  concentration .  Equations  (1 1)  and  (12)  become 

Ds  (d"[SI/dr")  =  k  a  (El  (S]  /  (  K„  +  [S] )  (13) 

Dh  (d"(Hl/dr")  =  -  k  a  (El  [SI  /  (  K„  +  (SI)  (14) 

These  equations,  when  non-dimensionalized,  using  dimension-less  variables, 
Cs=(Sl  /  (K„.) 

Ch=(H1/(KJ 

and  R  =  (  r  -  d  )/  (L)  ,  yield 


8 


Ds  (  d^Cs/dR^)  =  (L^ka[El/K„)  [Q/  (Cg  +  1)1 
D„(d"CH/dR")  =  -(L'kalEl/K„)  [Cs/(Cs  +  1)1 


(15) 


(16) 

We  consider  equation  (15)  for  the  development  of  the  approximate  model 
Rearranging  terms  in  equation  (15)  we  get 

(  d^Q/dR^)  =  P  tQ/  (Cs  +  1)1 

where  p  is  a  dimension-less  group  -  the  Thiele  modulus.  It  gives  the  ratio  of  the 
influence  of  kinetics  of  the  reaction  to  the  influence  of  diffusion  of  the  reactants  and 

products  on  the  system. 

Large  values  of  this  group,  p,  will  indicate  diffusion  limitations  and  small 
values  will  indicate  kinetic  controlled  conditions  of  the  system.  The  value  of  P  is 
directly  dependent  on  the  en2yme  loading  and  clearly  depicts  that  high  loading  favours 
diffusion  controlled  regime. 

The  above  equations  have  been  analyzed  and  solutions  presented  for  two 
different  limiting  cases  (Bartlett  and  Whitaker,  1987),  namely 
Case  1.  Cs  »  1  and 

Case  2.  Cg  « 1- 

However,  the  boundary  conditions  and  the  final  solutions  are  given  here  for  sake  of 
completeness.  The  boundary  conditions  are : 

1.  At  R=  0  ;  dCg/dR  =  Oand  Ch  =  0  (18)  and 

2.  At  R  =  1  ;  Cs  =  Cs**  and  Ch  =  0  (19) 

Cs  and  Ch  are  the  dimensionless  concentrations  of  the  substrate  and  H2O2. 

In  amperometric  detection,  the  equation  describing  the  current  measured  is  given  by 


0 


I  —  n  F  A  Dh  ( d[HJ/dr  )1  r=4j 


(20) 


where,  I  is  the  cuirrait 

n  is  the  number  of  electrons  transferred 
F  is  the  Faraday’s  constant 
A  is  the  surface  area  of  the  electrode  and 

Dh(  d[Hl/dr  )1  ^ = d  is  the  flux  of  H2O2  at  the  electrode  surface  per  unit  time. 
The  expression  for  the  current  for  the  case  1,  becomes 

I  =  (nFAK,nDsP)/(2L)  (21) 

and  for  case  2,  it  becomes 

1=  nFA(l  -  sech[(P)^^I  )  (  Ds/L)  (S|,)  (22) 


It  should  be  noted  that  equation  (22)  is  linear  in  bulk  substrate  concentration. 
Same  methods  of  analysis  described  above  can  be  extended  to  other  distributions  of 
enzyme  in  the  layer.  The  analysis  for  a  distribution  of  enzyme  varying  exponentially 

with  the  position  in  the  layer  is  given  below. 

The  enzyme  concentration  [E]  in  equation  (15)  could  be  considered  to  be 

lEl=lEole''“  (23) 

Then  for  Case  1,  under  conditions  of  a  =  1 

(  d^Cg/dR^ )  =  y  (24) 
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where,  y  =  (k?LL)/  (27th  Ds(L  +  <I(e-l))) 


(25) 


[Eol  is  found  by  integrating  expression  (23)  over  the  whole  volume  of  the  enzyme  layer 
and  equating  the  total  amount  of  en2yme  in  the  layer  to  tiie  total  amount  of  cn2yme 

loaded. 

X  being  the  total  enzyme  loading 

h  being  the  height  of  the  electrode  on  which  enzyme  has  been  immobilized  and 

e  being  the  natural  logarithm  base 

a  being  an  index 

Equation.  (24)  leads  to  the  following  equations  when  solved  using  the  boundary 
conditions  (18)  and  (19) 

Cs  =  ye®  -  yR  +  (Cg'’  -  y(e-  1)) 


CH  =  (Dsy/DH)(R(e-l)-e‘'  + 


(27) 


I  =  (n  F  A  K„,  Ds  y  (e  -  2))/(L) 

Using  equation  (25)  and  (28),  we  can  see  the  dependence  of  the  current  on  the 
thickness  and  the  diameter  of  the  electrode  as  well.  It  is  clear  that  with  increasmg  values 
of  both  the  thickness  and  the  diameter  of  the  electrode,  the  flux  of  hydrogen  peroxide  at 

the  electrode,  and  hence  the  current,  decreases. 

Apparently,  as  the  value  of  a  in  equation  (23)  increases,  the  profile  of  enzyme 
concentration  in  the  layer  becomes  steeper.  So,  for  large  values  of  this  parameter,  more 
of  the  enzyme  tends  to  get  concentrated  at  the  interface  of  the  bead  matrix  with  the  bulk, 


i.e.,  R  =  1  in  Fig.  1.  Also,  a  will  be  a  function  of  the  bead  size,  because,  the  penetration 
of  en^e  molecules  into  the  matrix  will  be  greatly  influenced  by  the  bead  radius.  For 
larger  si7<^,  there  will  mote  penetration  and  a  'W^l  be  small  and  it  will  be  large  for 
cmaiw  bead  sizes.  Also,  the  dqrendence  of  a  with  bead  size  will  reduce  with  increase 

of  bead  radius. 

The  approximate  model  should  constdCT  the  case  when  the  reaction  takes  place 
on  tire  surfece  of  tire  enzyme  layer,  i.e.,  at  the  interfece  with  tiie  bulk  ^  =  1  in  Fig.l). 
This  represents  the  case  vdien  the  rate  of  the  reaction  is  very  fast  compared  to  the 
diffiisional  transport  of  the  substrate  in  the  enzyme  layer.  This  happens  for  electrodes 
with  beads  of  radius  lesser  than  the  critical  radius  and  also  when  the  value  of  P  is  very 
large,  i.e.,  vdien  diffusion  limitations  are  dominant  The  critical  radius  can  be  defined  as 
that  value  of  the  bead  radius  below  which  the  packing  does  not  allow  the  enzyme 
molecules  to  penetrate  into  the  packing.  This  happens  for  large  values  of  a. 

For  such  a  treatment,  no  transport  equations  are  set  up,  rathCT  the  rate  of  the 
reaction  is  used  to  derive  the  expression  for  the  current  The  rate  of  the  enzymatic 
reaction  is  given  by  the  Michaelis-Menten  equation  [equation  (8)]  and  the  flux  is 
determined  as  the  gradient  of  the  hydrogen  peroxide  concentration  profile  at  the  surface 
of  the  electrode. 

The  current  expressions  are: 

1=  nFXk([Sl/(ISl  +  Km))  (29) 

for  electrodes  vdth  beads  of  radius  20  nm,  and 
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I  =  (470 /a)  (SI /([SI  +  Km) 


(30) 


for  the  other  electrodes  (bead  radius  —  45  nm,  70  nm,  100  nm  and  200nm). 

The  derivations  are  given  in  Appendix  A.  In  the  range  of  bead  radius 
investigated,  there  is  a  ‘critical  radius’  of  the  bead  on  either  side  of  which  the  model 
behaves  differently,  the  above  analysis  of  the  difEusion-<»ntroIled  r^me  show  by 
geometrical  considerations  that  this  value  lies  around  26  nm. 

The  Km  value  assumed  is  closer  to  the  true  value  (i.e.  the  for  the 
enzymatic  reaction  in  solution).  Therefore,  when  treating  the  system  on  either  side  of 
the  critical  radius,  different  values  of  are  used. 

Numerical  Solutions 

Assuming  an  exponential  distribution  (a  =  1)  of  the  enzyme  in  the  bead  layer, 
we  get  the  following  equation  in  cylindrical  coordinates  under  steady-state  conditions. 

d^Cs  !  +  (d  /  L)l}dCs  =  (L^  k  a  [Eol  /  Ds)[e®^  Cs^  (Cs  + 1)1  (3 1) 

This  equation  w^as  solved  numerically  using  the  finite-difference  approximation 
after  obtaining  Cgl  r=<)  «sing  methods  described  elsewhere  (Yokoyama  et  al,  1992).  The 
current  values  for  different  bulk  concentrations  of  the  substrate  were  determined.  For  a 
homogeneous  distribution  of  enzyme,  equation  (3 1)  takes  the  form 

d^Cs  /  dR^  +  {1/[R  +  (d  /  L)]}  dCs  /dR  =  (L^  k  a  [E]  /  1)1  (3^) 

This  has  to  be  solved  numerically  in  a  similar  fashion. 


RESULTS  AND  DISCUSSION 

i 

i 

The  calibration  plots  obtained  from  numerical  solutions  (Fig.  3  and  Fig.  4)  show 
the  behatdour  of  the  system  in  accordance  with  Michaelis-  Menten  scheme  of  reaction. 
The  plot  of  equations  (29)  and  (30)  (Fig  5)  shows  a  reverse  behaviour  of  the  system 
compared  to  the  other  calibration  plots,  as  the  model  suggests,  except  for  the  anomaly  of 
the  behawour  of  tiie  electrode  with  20  nm  bead  radius.  The  method  of  derivation  of 

on  this.  In 

describing  the  rate  of  the  enzymatic  reaction,  the  enzyme  is  assumed  to  exist  in  a 
monolayer,  but  because  of  the  size  of  the  beads  (20  nm-  lesser  than  the  critical  radius) 
and  loading  of  enzyme,  there  might  be  more  than  one  layer  present  Also,  only  the  outer 
most  layer  might  be  driving  the  reaction  to  completion  rather  than  the  participation  of 
all  the  layers.  The  flux  of  hydrogen  peroxide  into  the  bulk  has  been  neglected.  This  flux 
could  be  more  than  half  of  the  values  plotted  because  the  difiSisivity  of  hydrogen 
peroxide  in  the  bulk  is  greater  (equation  (9))  than  that  in  the  enzyme  layer  (porous  glass 
matrix). 

Therefore,  the  enzyme  concentration  will  approximately  be  reduced  by  a  factor 
inversely  proportional  to  the  number  of  layers.  The  effect  of  this  has  been  demonstrated 
by  plotting  such  a  variation,  as  in  Fig.  6.  This  figure  shows  the  variation  of  current  with 
the  number  of  layers  for  different  substrate  concentrations  in  the  bulk. 

There  are  certain  distinct  characteristics  of  the  system  and  the  model  which  need 
special  attention.  It  is  quite  an  obvious  choice  to  consider  a  hexagonal  packing  for  the 
beads,  though  a  factor  proportional  to  the  probability  of  such  a  packing  has  to 
considered.  As  the  size  of  the  beads  reduces,  the  degree  of  control  on  the  properties  of 
the  glass  bead  layer  (especially  the  arrangement  of  glass  beads)  also  reduces.  Therefore 
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the  validity  of  neglecting  such  a  factor  depends  only  to  a  very  less  extent  on  the 
procedure  of  coating  adopted  for  the  glass  beads.  Also,  such  a  factor  should 

accommodate  the  abnormalities  of  the  coating  as  well. 

The  determination  of  effective  diffiisivity  for  the  substrate  in  the  packing  again 
should  take  into  account  the  probability  of  movement  of  the  molecules  in  different 
tortuous  channels  created  by  the  packing.  Nevertheless,  the  flux  (net)  considered  is  m 
one  direction  (towards  the  center  of  the  electrode).  The  model  assumes  a  uniform  flow 
area  through  the  channels  though  in  reality,  the  flow  area  between  two  successive  layers 
might  pass  through  a  maximum  in  between.  This  might  necessitate  an  averaging 
procedure  of  the  flow  area.  But,  the  dimensions  of  the  bead  radius  let  us  neglect  the 
difference  between  such  an  average  flow  area  and  the  uniform  flow  area.  Again  the 
packing  is  considered  to  be  isotropic.  The  degree  of  anisotropicity  will  result  in  the 

probability  factor  for  the  packing  discussed  earlier. 

As  had  been  shown,  there  is  different  behaviour  of  the  system  on  either  side  of 
the  critical  radius.  The  values  assumed  are  different  on  these  regions.  When  the 
system  is  under  diffusion-control  (as  in  20  nm  case),  the  reaction  is  identical  to  that 
taking  place  in  a  homogeneous  solution  and  the  true  value  of  applies  and  when  there 
is  diffusion  and  reaction  occurring  simultaneously  (as  for  the  other  electrodes),  the 
apparent  value  has  to  be  assumed.  Thus,  a  model  assuming  K„,  =  15  mM  for  the 
electrodes  with  20  nm  bead  radius  and  Kn,  =  6.5  mM  for  the  others,  namely,  45nm, 
70nm,  lOOnm  and  200nm  bead  radius  electrodes,  should  ideally  represent  the  response 
and  behaviour  of  the  overall  performance  of  the  sensor. 


CONCLUSION 


A  mathematical  model  describing  the  perfonnance  of  an  amperometric  glucose  sensor 
has  been  presented.  The  sensor  uses  glucose  oxidase  (GOD)  immobilized  on  Stober 
glass  beads  attadied  to  a  platinum  electrode.  The  model  predicts  the  existence  of  a 
‘critical  bead  radius’  on  either  side  of  which,  the  behaviour  of  the  sensor  is  different, 
suggesting  <UfiFerent  K„,  values  for  different  bead  radii.  Comparison  of  the  numerical 
solutions  and  the  solutions  obtained  fiom  approximate  model  show  consistent  behaviour 
of  the  model  in  the  regions  of  approximation. 
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appendix 


Appendix  A 

Dififusion  controlled  reaction  system 

In  this  case,  the  reaction  is  assumed  to  occur  completely  on  the  surfece  of  the  en2yme 
layer  at  the  interface  with  the  bulk  and  the  flux  of  H2O2  into  the  bulk  (i.e.,  region  where 
R>1  in  Fig  1)  is  neglected. 

For  the  20  nm  case,  the  enzyme  concentration  is  simply  expressed  per  unit  outer  surface 
area  of  the  layer. 

[E]  =  (:i/27t(d  +  L)h) 

and  the  rate  of  the  reaction  is  given  by  equation  (8). 

Since  the  rate  at  which  the  reaction  proceeds  is  the  rate  at  which  hydrogen  peroxide 
arrives  at  the  electrode , 


For  the  other  electrodes,  since  there  will  be  some  penetration  of  tlie  enzyme  into  the 
enzyme  layer,  and  since  an  exponential  profile  is  most  likely,  the  concentration  of  the 
enz}'me  at  the  outer  surface  is  found  from  the  function 
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(A5) 


[El  =  [Eol  e*" 

Since  the  concentration  expressed  above  is  per  unit  interfacial  area  of  the  pacldng,  it  is 
aAapti^A  to  the  form  of  concentration  per  unit  outer  surface  area.  The  conversion  factor 
for  hexagonal  pacldng  is  1.813  i.e.  7c/(3)‘"  and  hence  the  current  equation  using  (A3), 


(C5)  and  (C2)  becomes 

I  =  nFA  2ii(d  +  L)(it/(3)^l  k  e  [E«l  [S] / ( [S]  +  K„) 


where  [Eq]  =  X/27thLa(l  +  d(e-l))  (A7) 

and  hence  I  =  (  470  /  a  )  [S]  /  ( [S]  +  )  (A8) 


1<S 


Appendix  B 

Derivation  of  the  expression  for  the  effective  difiEusivity  in  the  en2yme  layer. 

The  vriiole  layer  of  glass  beads  is  considered  to  be  a  medium  and  a  change  in  diffusivity 
occurs  primarily  because  of  the  change  in  flow  area  when  moving  fi»m  the  bulk  into  the 
layer.  Other  factors  that  aflfect,  are  the  nature  of  the  packing ,  porosity  and  the  size  of  the 


Thus,  if  the  bulk  is  considered  to  be  medium  I  and  the  enzyme  layer  to  be 
medium  H,  then,  a  concentration  change  6[S|  in  medium  II  is  equivalent  to  change 
e6(Sl  in  medium  I  and  similarly  a  distance  of  2rb  in  II  is  equivalent  to  jctb  in  I.  Here, 
[SJ  is  the  concentration  of  the  substance  (substrate)  diffusing,  rt  is  the  radius  of  the 
glass  bead  and  e  is  the  volume  porosity  of  the  enzyme  layer. 

Thus,  equating  a  particular  mass  flux  through  these  two  media  with  no 

accumulation  at  tiie  interface,  we  get 

Deir  “  (flow  area  per  unit  volume  of  the  packing)  x  (V olume  of  the 

packing)  x  {(2s)/[(7c)  x  (flow  area  in  the  bulk)]}  (HI) 

is  the  diffiisivity  in  the  enzyme  layer  and 
Dmedia  diffusivity  in  the  bulk. 

Therefore,  for  a  hexagonal  close-packed  structure,  the  above  formula  reduces  to 


=  D„e<.u(2L)(6/rb)(e)[(3)^^-  (^/2)]/[24  (2)*'^  x] 


(B2) 
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NOMENCLATURE 


a 

A 


-  Interfacial  area  per  unit  volume  of  the  packing  (  nm  ) 
-Surface  area  at  the  electrode  surfecc(nm  ) 


Ch 

Cs 

Cs- 


-  Dimension-less  concentration^f  H2O2 


-  Dimension-less  concentration  of  the  substrate 


-  Dimension-less  concentration  of  the  substrate  in  tire  bulk 


d  -  The  radius  of  the  electrode  (  nm  ) 

2  “I 

Dh  -  Effective  diffusivilyofHjOi  in  the en^me  layer  (nm  s'  ) 

2  “I 

Dine<Jia  -  Dififusivity  of  the  substrate  ui  the  bulk  of  the  analyte  (  nm  s'  ) 

2  ”1 

Ds  -  Effective  diffusivity  of  the  substrate  in  the  enzyme  layer  (nm  s'  ) 


■  Enzyme  concentration  in  the  enzyme  layer  (  moles  nm'  ) 


F  -  Faraday’s  constant  (  coloumbs/mole  ) 

-3 

[H]  -  Hydrogen  peroxide  concentration  (  moles  nm  ) 

I  -  Current  measured  (micro  amperes) 

k  -  Enzyme  reaction  rate  constant  (  s'* ) 

-  Michaelis-Menten  constant  for  the  substrate  (  moles  nm'^ ) 

Ko2  -  Michaelis-Menten  constant  for  the  other  substrate  oxygen  (  moles  nm'^  ) 
L  -  The  thickness  of  the  bead  layer  (nm  ) 
n  -  Number  of  electron  transfer  at  the  surface  of  the  electrode 

[O2I  -  Oxygen  concentration  (  moles  nm'  ) 

R  -  Dimension-less  distance  in  the  cylindrical  coordinates 
r  -  Distance  along  the  radial  direction  in  the  cylindrical  coordinates  (nm  ) 
Th  -  Radius  of  the  bead  (nm) 
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-  Substrate  concentration  (  moles  nm  ^  )  . 

•3 

-  The  substrate  concentration  in  the  bulk  (  moles  nm  ) 

-  An  arbitrary  index  used  in  the  enzyme  distribution  function 

-  Dimension-less  group  (  L*  k  a  [EJ  /  K,n  Ds) 

-  Dimension-less  constant  used  to  describe  the  zero  order  reaction  for 
exponential  <tistribution  of  the  enzyme 

-  The  volume  porosity  of  the  packing  of  the  beads 

-  The  tortuosity  of  the  packing  of  beads 

-  The  total  loading  of  enzyme  in  the  layer  (moles) 
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Figure.  4  Calibration  plot  obtained  from  numerical  solutions  for  an  exponential  distribution 
of  enzyme  [Equation  3 1]. 


Current  in  micro  amperes 


45  nm 


Substrate  concentration  in  mM 


Figure.  5  Calibration  plot  obtained  assuming  the  reaction  to  occur  on  the  surface  (diffusion 
control)  of  the  enzyme  layer  [Equation  29], 
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